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Photodynamic therapy (PDT) is a form of cancer treatment, based on the idea of using a non-

toxic light-sensitive drug in conjunction with visible light. In isolation the drug and the light 

are harmless. However, when the drug is taken up in tumor tissue and the tumor is irradiated 

with light, local tumor destruction is achieved by generation of cytotoxic substances as the 

product of a photochemical reaction. This results in an effective local treatment with 

negligible toxicity to non-irradiated tissues and minimal side effects. Despite these favorable 

features, PDT has not emerged as a mainstream clinical treatment option so far. 

Medical imaging techniques often go hand in hand with cancer therapy, because they are 

needed in the diagnosis of disease, treatment planning, monitoring and evaluation of 

treatment outcome. Moreover, imaging is crucial in therapy-related research, where it can aid 

in the optimization of treatment protocols and the investigation of therapeutic mechanisms. 

Magnetic resonance imaging (MRI) is a non-invasive and versatile technique that provides 

excellent contrast between soft tissues, for example to distinguish malignant tumor from 

benign tissue or successfully treated from viable tissue. Because MRI is harmless to patients, 

it can be used for longitudinal treatment follow-up. These features make MRI a promising 

technique to be used in the support of PDT in the clinic and in a research setting; the latter is 

the main subject of this thesis. 

In this thesis, I have focused on three main topics: 

 Identification of suitable MRI methods for evaluation of PDT efficacy 

 The use of these MRI evaluation tools for assessment and optimization of novel 

treatment protocols 

 Introduction of an MRI-based method for quantification of light absorption in 

biological tissues 

This introductory chapter describes the position of PDT within the broader field of cancer 

therapy, and provides fundamental background information on PDT. It also reviews existing 

literature on imaging in relation to PDT and provides motivations for potential future roles of 

MRI for PDT. Finally, it gives a brief overview of the aims and content of each of the 

experimental chapters. 

 
Although the word “cancer” may sound frightening, it is a fact that most cancers are cured in 

the Western world [1]. This is partly because the most common cancers are basal and 

squamous cell carcinomas of the skin, which are often slow-developing and easily detected 

due to their visibility.  However, even when skin cancers are excluded, most cancers are cured 

nowadays [2]. This can be attributed to new widespread screening programs and improved 

diagnostic methods. Early detection of cancer greatly enhances the probability of cure, 

because small non-metastasized tumors are much easier to treat. Additionally, advances in 

cancer treatment have led to improved survival rates for most forms of cancer, and improved 

overall prognosis [2,3]. 



Despite these advances, there is still a pressing need for improved therapeutics. The number 

of worldwide incidences of cancer in 2012 was 14.1 million, and the estimated number of 

deaths was 8.2 million [4]. Lung, breast, and colorectal cancer were the most frequently 

diagnosed ones, while lung, liver and stomach cancer showed the highest mortality rates. For 

these and other classes of cancer, especially advanced and metastasized forms, cure rates are 

very low and treatment is mostly focused on improving survival prognosis and quality of life. 

Besides, current treatments often lay a high burden on patients and frequently involve risks 

of treatment-related complications. 

For decades, three major modes of cancer treatment (surgery, radiation and chemotherapy) 

have been the mainstay of oncologic therapy. Before the availability of radiotherapy and 

chemotherapy, surgery was the only option, but it retains an important role in modern cancer 

treatment. In most cases, the objective is to excise the cancer in its entirety. Depending on the 

location and the grade of the cancer, this can be a simple and effective method of removing it. 

Alternatively, surgery is sometimes performed for pain relief and palliation, in the case of 

more advanced or incurable disease. In recent decades, more precise surgery techniques have 

been adopted. For example, complete removal of the breast (radical mastectomy) used to be 

the standard of care for breast cancer until approximately 1975. Nowadays, breast surgery is 

much less disfiguring but equally effective [5]. Drawbacks of surgical treatment are the risk of 

post-operative infections, possible loss of organ function, pain, and the fact that it often not 

applicable to advanced or metastasized cancers. 

Radiotherapy was introduced in the first part of the 20th century, when it was discovered that 

X-rays not only had diagnostic but also therapeutic capabilities [6]. The treatment is based on 

the deposition of ionizing radiation energy in the tumor tissue, mostly produced by linear 

accelerators. Absorption of ionizing radiation induces DNA damage, which inhibits the cancer 

cells from further division and proliferation [7]. Brachytherapy, an alternative form of 

radiotherapy, uses radioactive seeds implanted into the targeted tumor tissue, instead of 

external radiation sources. Although radiation damages both normal cells and cancer cells, 

the goal of radiotherapy is to deliver a high dose to the tumor, while sparing normal tissue. 

Technical advances and image guidance have enabled the application of dose profiles highly 

conformal to irregular-shaped tumors [8]. Unfortunately, not all tumors are equally 

susceptible to radiation therapy. For example, radiation of hypoxic tumors is less effective, 

because molecular oxygen is a powerful radiosensitizer involved in the generation of DNA 

damage [9]. Moreover, ionizing radiation itself is carcinogenic, since it can induce DNA 

mutations resulting in secondary tumors. 

Chemotherapy is the youngest among the three mainstream treatments, and emerged after 

the discovery of the effects of sulfur mustard on the production of blood cells in bone 

marrow, after its use as a chemical weapon in World War I [10,11]. Chemotherapy differs 

from the two other main therapies in the fact that it is based on systemically administered 

chemical substances, instead of locally applied treatment. In the broad sense, most of these 

drugs work by impairing cell mitosis. Cancers cells, which are mostly fast-dividing, are 

therefore more susceptible than normal cells. Different classes of chemotherapeutics exist 

with different mechanisms to impair mitosis. Due to the systemic aspect of chemotherapy, it 



can be effective against metastases. Chemotherapy is also routinely used as an adjuvant to 

surgery or radiotherapy, which leads to synergistic therapeutic results. Although modern 

chemotherapy is less burdening than it used to be, it is still associated with adverse side-

effects including, but not limited to nausea, fatigue, hair-loss, and immune suppression. 

Additionally, chemotherapy can induce secondary neoplasms similar to radiotherapy, as a 

result of DNA mutations. Third, tumors can develop resistance to chemotherapy, by 

outgrowth of non-susceptible subpopulations of cells. 

While the term chemotherapy is reserved typically for rather non-specific drugs that inhibit 

the cell division, some other important treatment modalities are also based on therapeutic 

drugs. For instance, targeted therapy is an umbrella term for treatments that interfere with 

specific molecular targets involved in tumor growth, rather than simply inhibiting cell 

division rapidly in all dividing cells. For example, tyrosine kinase inhibiting drugs reduce the 

activation of important signaling proteins involved in tumor growth, by affecting tyrosine 

kinase enzymes. Other examples include the use of antibodies targeting a specific tumor cell 

receptor to interfere with signal transduction pathways, or antibody-drug conjugates to effect 

specific delivery of the drug to the tumor [12]. Hormonal therapy blocks the growth 

promoting signals from endocrine hormones, for example using androgens for prostate 

cancer and estrogens for breast cancer. Furthermore, immunotherapy has emerged in recent 

years as a promising modality [13]. This treatment harnesses the patient’s immune system to 

kill tumor cells, which are often able to evade immune destruction. Immune cells are either 

actively directed to attack the tumor cells, or the normal anti-tumor response is passively 

enhanced by administration of antibodies, proteins, or drugs that modulate immune related 

signaling. 

Among the ever-growing set of therapeutic options, PDT has so far remained a minor 

contributor in clinical oncology. While the adoption of the three main therapy options was 

stimulated by the lack of existing adequate treatments, PDT emerged much later and 

therefore had to compete with the existing options. The first clinically approved 

photosensitizer for PDT became available only in 1993 in Canada [14]. However, PDT is 

gaining ground as a viable treatment option for various types of tumors and the number of 

clinical trials with PDT has increased over the last 20 years [15]. Certainly, PDT has favorable 

characteristics over conventional cancer therapies [16]. First of all, it is a local treatment with 

little or no side effects in normal tissues. Second, PDT is non-invasive, although for specific 

cancer types, light delivery is performed with interstitial fibers. Third, the treatment can be 

combined with other treatments and it is repeatable, since there is no accumulated dose, in 

contrast to radiotherapy. Photosensitizers do not accumulate in the cell nucleus and are 

therefore unlikely to induce carcinogenic DNA mutations. Finally, PDT can often be 

performed in an outpatient or ambulatory setting, which is cost-efficient and patient-friendly. 

 
PDT is based on the photochemical reaction of light with a photosensitive drug. As illustrated 

in Figure 1, it is a two-step procedure, in which the photosensitizer is first administered, 

either systemically or topically. Later, when the drug has accumulated in the tumor tissue, the 



tumor is irradiated with light of the appropriate wavelength, which leads to the generation of 

cytotoxic oxygen radicals, which effectively damage the tumor tissue and vasculature. The 

time between drug administration and light treatment is called the drug-light interval (DLI), 

and is an important parameter in the optimization of treatment efficacy. Light delivery is 

usually performed by irradiation of the skin for superficial tumors, or by using an endoscope 

or interstitial optical fibers for deep-seated tumors. Both laser and LED light sources are used. 

 

Although the therapeutic properties of light were already recognized in ancient times, the 

concept of a photosensitive dye was first realized by Oscar Raab in 1898. He noted that the 

toxic effect of acridine dye on paramecia was minimal on cloudy days, and hypothesized that 

the dye converts light into chemical energy. The term ‘photodynamic therapy’ was first 

coined by Von Tappeiner in 1907. Von Tappeiner, together with dr. Jesionek, also was the 

first to publish clinical PDT data, using eosin to treat facial basal cell carcinoma [17], and to 

realize the importance of oxygen for photosensitization. 

In the initial research on the phototoxic effects of dyes, hematoporphyrin emerged as an 

important photosensitizer, which was demonstrated to have affinity to rapidly growing cells 

and malignant tumor cells [18].  Schwartz et al. showed that hematoporphyrin was in fact an 

impure mixture, and established chemical procedures to separate porphyrins with better 

tumor-localizing properties and phototoxicity, which were termed hematoporphyrin 

derivatives (HpD) [19]. Taking benefit of the fluorescent properties and the preferential 

uptake in tumor cells, it was realized that photosensitizers could also be used for diagnosis 

and tumor localization [20]. Despite earlier attempts with partial success, the clinical efficacy 

of PDT was finally established in the 1970s by Doughtery et al. [21], who showed a complete 

or partial response in 111 of 113 tumors, including various types of skin carcinomas and 

malignant deep-seated tumors. Photofrin® (porfimer sodium), the first commercially 

available and clinically approved HpD photosensitizer, is still widely used [22]. 



Since the approval of Photofrin® as the first clinically available photosensitizer, 

approximately 15 other photosensitizers have been approved for specific oncological and 

other indications in different parts of the world. A similar number of photosensitizers are in 

clinical trials, and many more are in preclinical development. A discussion of available 

photosensitizers and their properties would be beyond the scope of this thesis and has been 

given by others [23–26]. The ideal photosensitizer has been described as one that meets the 

following criteria: 1) it should be a stable, pure and single compound; 2) it must have no dark 

toxicity; 3) it should have preferential uptake in the tumor tissue and good clearance from the 

blood and normal tissues; 4) it must exhibit a high singlet oxygen quantum yield, which is the 

efficiency of singlet oxygen production per absorbed photon; 5) it should absorb in the 

wavelength range between 600-800 nm. Within this range, the tissue penetration increases 

with wavelength, but light with a too high wavelength possesses insufficient energy to excite 

oxygen to its singlet state. 

Compared to Photofrin® and HpD, described as the “first-generation photosensitizers”, 

photosensitizers developed in later years mostly have better pharmacokinetic properties and 

tumor uptake and higher absorption wavelength (Figure 2). Most of these second-generation 

photosensitizers, including the classes of chlorins, bacteriochlorins and phthalocyanines, 

exhibit a macrocyclic structure similar to that of HpD, but with different side chains, or 

substituted pyrrole subunits. A notable exception is 5-aminolevulinic acid (ALA), which has a 

linear amino acid structure. This is a precursor drug which is metabolized in the 

mitochondria to the photo-active protoporphyrin. Finally, many promising “third-generation” 

photosensitizers are in preclinical development. These include the use of nanocarrier vehicles 

to enhance the delivery of photosensitizer to the tumor and targeted delivery approaches, for 

example using photosensitizer-conjugated antibodies [25,27–29]. Furthermore, researchers 

have tried to overcome the limitations of restricted light penetration in tissue, for example 

using upconversion nanomaterials that absorb deep penetrating (near-)infrared light and 

emit visible light for subsequent photosensitizer activation [30]. 

 



Upon absorption of a photon with the appropriate energy, the photosensitizer molecule is 

excited to a high-energy electronic state, with singlet spin configuration [32,33]. Figure 3 

shows the different relevant energy states a photosensitizer can be in. From here, it can either 

relax to its ground state through emission of a photon, which is observed as fluorescence. 

Alternatively, it can fall to a triplet state through a radiationless process called intersystem 

conversion. In this case, the triplet state photosensitizer can undergo two different types of 

photochemical reactions. In a Type I reaction, the excited photosensitizer reacts directly with 

a substrate and transfer an electron or a proton to form a radical cation or anion. These 

radicals can react further with oxygen to produce reactive oxygen species. A Type II reaction 

is a direct energy transfer of the photosensitizer to nearby molecular oxygen, to form singlet 

oxygen. Singlet oxygen and the reactive oxygen species produced in Type I reactions are 

highly reactive oxidative agents, which react directly with many biological molecules, 

including amino acids and lipids. Although photodynamic effects can occur in hypoxic tissue 

by a direct Type I reaction of the photosensitizer with biological substrates, the oxygen-

mediated pathway is much more effective [34,35]. Singlet-oxygen is generally considered the 

major damaging species in PDT. 

 

There is no net consumption of photosensitizer during PDT. After returning to its ground 

state, the photosensitizer can again absorb a photon, and initiate a photodynamic reaction. 

However, the photosensitizer can lose its photochemical properties through the phenomenon 

of bleaching, whereby the generated singlet oxygen reacts with the photosensitizer itself. All 



photosensitizers are prone to this effect to some degree. Additionally, depletion of oxygen 

during illumination can result in reduced production of reactive oxygen species. It is 

therefore claimed that PDT efficacy can be improved by the use of fractioned light protocols, 

allowing replenishment of tissue oxygen levels during short time intervals without light [36]. 

Too high light fluence rates have also been reported to reduce the phototoxic effects of PDT, 

due to rapid oxygen exhaustion [37]. 

Depending on the localization of the photosensitizer at the time of light treatment, the 

biological response to PDT is a combination of direct cellular damage, vascular damage, and 

immune effects. These three pathways are tightly related and all of them are usually observed 

to a certain extent, but their relative contributions to tumor tissue damage depend on the 

photosensitizer and the treatment protocol. 

Much research has been performed to clarify the cellular effects of PDT, which are highly 

complex and depend heavily on cell type, photosensitizer, DLI, and illumination parameters 

[38,39]. Due to its high reactivity, the average lifetime of singlet oxygen after production is 

only 0.6 μs and its diffusion length approximately 0.07 μm [40]. Therefore, damage occurs 

virtually at the subcellular location of the photosensitizer, which largely determines the type 

of damage. Subcellular targets of photosensitizers include lysosomes, mitochondria, the Golgi 

apparatus and endoplasmatic reticulum, and to a lesser extent the plasma membrane. The 

organelle where photodamage initially occurs is partly determining the treatment efficacy. 

For instance, photosensitizers that are preferentially taken up in the mitochondria tend to be 

more effective than lysosomal photosensitizers. The subcellular site of oxidative stress also 

modulates the cell death pathway. For example, mitochondrial damage is mostly associated 

with apoptosis [41,42]. However, the dose of phototoxicity also counts with regard to the cell 

death pathway. Necrosis is mostly observed for high and aggressive doses of oxygen radicals. 

Shutdown of the tumor micro-vasculature has an important contribution to tumor 

destruction in most PDT protocols. Vascular effects are especially emphasized when very 

hydrophilic photosensitizers are used that tend to stay in the bloodstream, or when the DLI is 

too short to allow clearance from the blood. Vascular occlusion results in tumor destruction 

because it starves tumor cells from supply of oxygen and nutrients. Vascular effects of PDT 

with HpD were investigated by Star et al. in a window chamber model on the flank of rats 

bearing mammary carcinomas [43]. Upon photo-irradiation, they observed initial 

vasoconstriction, followed by partial reperfusion and vasodilation and hermorrhages. 

Eventually, platelet aggregation and complete stasis were seen.  Vascular consequences of 

PDT were also rigorously studied by Fingar et al. [44,45]. Using intravital microscopy in 

porphyrin PDT-treated muscle, they showed that photo-irradiation initially induces damage 

to endothelial cells. In vitro, bovine endothelial cells were considerably more sensitive to PDT 

than fibroblasts and smooth muscle cells treated under the same conditions, while there were 

no differences in photosensitizer accumulation [46]. Initial damage to endothelial cells leads 

to the establishment of thrombogenic sites within the blood vessel. This triggers a cascade of 

responses including the release of vasoactive molecules, leukocyte adhesion, increased 



permeability to albumin, vasoconstriction, platelet aggregation, and eventually complete 

stasis.  

Besides direct cellular damage and vascular shutdown, PDT generally induces a strong 

immune response. This is perceived as an acute inflammation, with accumulation of edema 

and tumor invasion of neutrophils, followed by mast cells and macrophages. Increased 

vascular permeability observed shortly after treatment enables extravasation of immune 

cells, and subsequent vasoconstriction prevents the spread of the disrupted homeostasis until 

the insulted tumor cells are eliminated [47]. PDT effectiveness greatly decreased when the 

activity of immune cells was inhibited by anti-inflammatory drugs [48]. In addition to these 

innate immune effects, activation of the adaptive immune system after PDT was also 

reported, resulting in a systemic anti-tumor response [49]. For example, local tumor 

treatment with Photofrin® PDT was shown to inhibit growth of distant untreated tumors in 

the same mice [50]. In contrast, some authors reported absence of a systemic anti-tumor 

effect [51] or even immunosuppressive effects of PDT [52]. Nevertheless, PDT-induced 

adaptive anti-tumor immunity may provide an interesting possibility to treat metastatic 

disease.  

PDT has been applied to a large variety of cancers and non-cancer diseases. A selective 

number of important therapeutic applications are highlighted in this section. Systematic 

reviews have been performed by Fayter et al. and Gao et al., [53,54], alongside other 

literature overviews of clinical studies [15,16,55]. These reviews illustrate that PDT can be a 

viable option for many different cancer types, but also that there is a need for better evidence 

in the form of randomized multicenter clinical trials. 

Probably the most successful indication for PDT is skin cancer, because of the treatment’s 

combination of effectiveness and simplicity due to the easy accessibility of the skin [56]. 

Treatment is based on the topical application of the prodrugs aminolevulinic acid (ALA) or 

methyl-aminolevulinate (MAL) gels, which are not photosensitive themselves, but are 

metabolized to the photosensitizer protoporphyrin IX by the mitochondria. Many tumor 

types show a higher accumulation of protoporphyrin IX after uptake of ALA than normal cells, 

which is related to the anomalous metabolism of tumor cells, limiting the PDT-induced 

damage to surrounding normal tissues [57]. Metvix cream (Galderma, Paris, France) 

containing MAL is approved for the treatment of basal cell carcinoma and the pre-malignant 

diseases actinic keratosis (AK) and Bowen’s disease (BD). Superior complete response rates 

and better cosmetic results have been reported compared to cryotherapy or surgery. PDT has 

also been used for off-label treatment of squamous cell carcinoma (SCC), but has only shown 

successful results for in situ lesions, and very poor results for advanced SCC. 

Another important application of PDT is the treatment of head and neck cancers, since they 

are a logical target for surface illumination [58]. Porphyrins were initially used, but the 

majority of clinical trials were performed with a chlorin called Foscan®, with very positive 

results. For example, clinical studies showed very high cure rates in early carcinomas in the 

oral cavity and larynx [59] and improved quality of life in palliative treatment of patients with 



advanced disease and exhausted conventional therapy [60]. Disappointingly, these clinical 

studies have not led to a widespread clinical acceptance, due to a lack of prospective 

randomized studies [53]. However, the use of PDT is gaining popularity outside the western 

countries (e.g. China, Indonesia, Russia, and Brazil) because of the limited availability of 

resources such as linear accelerators for radiotherapy.  

With regard to PDT, lung and esophageal cancer treatment show a number of similarities 

[14,61]. For both, surgery is the primary treatment of choice in case of early stage localized 

disease, with good prognosis. However, less than 80% of lung cancer patients and 30% of 

esophageal cancer patients are eligible for surgery upon presentation, either because the 

cancer is already in an advanced stage, or due to low fitness of the patient. In early stage 

localized esophagus tumors, long-term survival is achieved with endoscopic PDT in more 

than 50% of patients unsuitable for surgery. Complete response in 85% of patients with early 

stage lung cancer carcinoma was obtained with PDT using bronchoscopic light delivery [62]. 

In locally advanced cancers, combinations of PDT with surgery can increase survival benefits 

and provide palliation for both cancer types. Furthermore, PDT has proven to be effective in 

the elimination of the pre-malignant disease Barrett’s esophagus with high-grade dysplasia 

[22]. 

Other noteworthy applications of PDT include bladder cancer [63] and brain cancer [64]. 

Additionally, vascular-targeted PDT of the prostate with the photosensitizer Tookad® [65] 

has recently shown to be a viable alternative to active surveillance in a phase III randomized 

clinical trial. Non-cancer applications include the treatment of age-related macular 

degeneration with the vascular targeted photosensitizer Visudyne [66]. Finally, treatment of 

microbial infections and decontamination with PDT has been described, for example for 

periodontitis and rhinosinusitis [67]. Alternative antimicrobial options are becoming 

increasingly relevant considering the growing bacterial resistance to antibiotics. 

Although PDT has many favorable characteristics, one obvious limitation is that the 

penetration depth of light in biological tissues is restricted to a few millimeters, depending on 

the wavelength. Tissues are most translucent in the near-infrared range (650 – 1350 nm), 

while the absorption maximum of most conventional photosensitizers is at 630 nm. Deep-

seated tumors can therefore only be treated using optic fibers for interstitial light delivery, by 

which the non-invasive nature of the treatment is lost.  A large number of photosensitizers 

with higher absorption wavelength are in development, of which some have already reached 

the clinic [65]. 

Biological tissues exhibit a high degree of light scattering, which makes it impossible to 

deliver light to a target volume with distinct boundaries. This is problematic when tumors are 

situated near vital organs. At the same time, most conventional photosensitizers display only 

a moderate specificity with regard to tumor uptake. Together, both the light and the drug do 

not confer real tumor selectivity. To solve this issue, a lot of research effort is put in the 

development of photosensitizers with high affinity towards tumor tissue and tumor-targeted 

delivery of photosensitizers [68]. 



Another issue with many photosensitizers is their slow clearance from the blood and non-

tumor tissues. As a result, long-lasting photosensitivity of the skin to sunlight or bright 

artificial light is an important side effect of traditional PDT. At the same time, these 

photosensitizers require long time intervals between drug administration and light delivery, 

to allow clearance of the photosensitizers from non-tumor tissues. This leads to longer 

hospitalization times and consequently an increased treatment cost. Therefore, the 

development of photosensitizers with fast tumor uptake and rapid clearance from normal 

tissues is another important objective in PDT research. 

Finally, the dosimetry of PDT is complex, because it depends on a large number of 

parameters. These include the dose of the drug, the drug-light interval, the duration of light 

treatment and the light fluence rate. Furthermore, the dose-response relation is non-linear 

and depends largely on tumor-specific properties, such as the tissue oxygenation. This 

complicates the optimization of PDT protocols, and the reproducible execution of PDT in 

patients. 

 
This section discusses the different contexts in which imaging can provide a meaningful 

contribution to PDT. It focuses specifically on MRI, although for a few selected applications, 

alternative modalities are also highlighted.  An extensive review of the current state and the 

general role of imaging in PDT was given by Celli et al. [69]. Obviously, there is an important 

role for imaging for diagnosis, detection, staging, and grading of disease. These aspects are 

not included in our discussion since they are not specifically related to PDT. Other roles of 

imaging for PDT are treatment planning, dosimetry, monitoring, and post-treatment 

evaluation, which are discussed below. 

In the planning of PDT treatment, imaging can be applied to locate the target tumor tissue and 

surrounding vital organs, define treatment geometry, and identify pre-existing necrotic areas. 

Moreover, imaging can assist in selection of the optimal treatment protocol for a given tumor 

and prediction whether a tissue is potentially susceptible to PDT. For example, contrast-

enhanced MRI can be used to assess whether a tumor is perfused, which could indicate if a 

photosensitizer can be effectively delivered. Furthermore, the oxygenation status of tumors 

can be assessed as a prognostic marker for treatment outcome [70], since free oxygen is 

required for the effective singlet oxygen production. Tumor oxygenation status has been 

measured with invasive probes such as electrodes and fluorescence-based fiber-optic probes 

[71], near-infrared spectroscopy [72], and hypoxia tracers for positron emission tomography 

(PET) imaging such as fluorine-18-labeled fluoromisonidazole (18F-MISO) [73]. A number of 

MRI-based methods is also available, which are described in the next section (“Dosimetry and 

online monitoring”). 

Another crucial aspect in treatment planning is the correct placement of fibers for interstitial 

delivery of light in solid tumors. For example, CT guidance has been used for the identification 

of treatment target areas in the pancreas and the brain [74,75], and endorectal ultrasound 



guidance was used for optical fiber placement in the prostate [76]. For some of these 

examples, imaging was performed with a stereotactic frame already in place. The location and 

implantation paths of the fibers were determined from the images, and the fibers were 

subsequently placed in the surgical suite. 

With regard to treatment planning, a notable feature of some photosensitizers is that they 

show preferential accumulation in malignant tissues. This property is used in fluorescence 

guided surgery for the tumor localization and delineation of resection margins and was 

demonstrated to result in a higher percentage of patients in which complete tumor resection 

could be achieved [77]. The same approach of fluorescent detection of tumors with 

photosensitizers was applied to localize tumors for treatment with PDT or a combination of 

surgical resection and PDT [78]. 

An important area of PDT research is the field of dosimetry, which is devoted to the 

measurement of physical properties to predict the biological effect of a PDT treatment [31]. 

Unlike radiotherapy, for which the relation between ionizing radiation dose and tissue effects 

is well-established, there is no widely accepted dose-response relation in PDT. The response 

depends in a non-linear way on various parameters at the time of light treatment, including 

the tissue photosensitizer concentration, tissue oxygenation, light fluence rate, and the total 

duration of illumination. PDT dosimetry is further complicated by the fact that the individual 

parameters may change during light treatment, and that they are often tissue-dependent and 

heterogeneous. Because the production of singlet oxygen is probably one of the most 

representative parameters for the PDT dose, different approaches have been followed in an 

attempt to measure singlet oxygen directly or indirectly. Alternatively, researchers have tried 

to measure the three critical components of PDT (light, photosensitizer and oxygen), 

preferably in real-time, in order to predict the biological response. Online monitoring 

techniques for dynamic measurement of treatment efficacy would allow intra-operative 

guidance of PDT, for example for adaptation of the timing or intensity of light treatment or 

interactive placement of light delivering catheters. 

The measurement of singlet oxygen is challenging, but possible through the detection of the 

weak phosphorescence emitted at 1270 nm when singlet oxygen returns to the ground state. 

This principle was demonstrated in vivo in tumors, but is not considered clinically applicable 

due to its low sensitivity [79]. Instead, indirect measurement of singlet oxygen production is 

performed by detection of photosensitizer bleaching, which occurs when the singlet oxygen 

reacts with the photosensitizer itself. The resulting loss of photosensitizer fluorescence can 

be used to deduce the amount of produced singlet oxygen [80]. Although this is approach is 

interesting, it can only be applied to superficial tissues and to photosensitizers with sufficient 

fluorescence quantum yields. 

Measurement of photosensitizer uptake has been mostly performed by detecting the 

fluorescence of the photosensitizer [81], or by absorption spectroscopy [82]. However, both 

optical methods only work well for superficial tissues and are unable to give precise spatially 

resolved information. Alternatively, radiolabeled photosensitizers have been used for 



detection with positron emission tomography (PET) imaging [83]. This method has excellent 

sensitivity and provides 3D spatial information, but at a low spatial resolution, of the same 

order as the light penetration depth. Various research groups have introduced 

photosensitizers labeled with MRI contrast agents for detection of photosensitizer 

concentration in the tissue, but this is challenging in terms of sensitivity. For example, the 

spin-lattice relaxivity of gadolinium-conjugated phthalocyanine photosensitizers [84] at a 

field strength of 3 T was reported to be r1 = 1.43 mM-1*s-1. For the tumor uptake of 

photosensitizer following administration of a therapeutic dose, concentrations of the order of 

10 μM are considered very favorable [85,86]. Even in this positive scenario, the expected 

change in longitudinal relaxivity would equal ΔR1 = 1.43 mM-1*s-1 * 0.010 mM = 0.0143 s-1, 

resulting in a weak contrast enhancement that would be difficult to detect. Therefore, MRI-

based detection of photosensitizers was not considered in this thesis. 

Because singlet oxygen is the critical cytotoxic component in PDT, the therapy relies heavily 

on the availability of oxygen in the treated tissue. Therefore, one indirect approach to online 

monitoring of PDT efficacy is through the measurement of changes in tumor oxygenation 

status, reflecting oxygen consumption. A number of non-MRI methods for measuring 

oxygenation status have been mentioned in the previous section (“Treatment planning”). For 

the MRI-based detection of oxygen consumption, there has been one report on the use of 

Blood Oxygenation Level Dependent (BOLD) MRI [87]. BOLD contrast is mainly used for 

functional MRI of the brain, based on the differential magnetic properties of oxyhemoglobin 

versus deoxyhemoglobin [88]. Upon activation of a brain region, the vasculature responds by 

increasing the local blood supply, which leads to a decrease in the relative concentration of 

paramagnetic deoxyhemoglobin, resulting in a signal increase in T2(*)-weighted images [89]. 

Gross et al. applied BOLD imaging of a mouse tumor while performing vascular-targeted PDT 

inside the bore of an MRI scanner. During 10 min illumination, tumors showed a persistent 

significant decrease in T2*-weighted MRI signal and an increase in the longitudinal relaxivity 

rate R2* that was reversible after illumination. So far, there has not been a follow-up of this 

2003 Nature paper, but the method certainly deserves further investigation as a tool for real-

time monitoring of PDT efficacy. 

While the BOLD method is a promising approach, it probes only the blood oxygenation level 

and not that of the tissue. An alternative MRI-based method for depicting the actual tissue 

oxygenation status is the measurements of longitudinal relaxation time T1 of lipids, which is 

known to have a relatively strong dependency on the partial pressure of oxygen (pO2) [90]. 

However, the method’s sensitivity is low, and requires the presence of lipids in the tissue. 

Another method is based on a similar T1-dependency of injected perfluorocarbons (PFC) on 

pO2 [91], which is quantified using fluorine (19F) MRI. This method performs well due to the 

absence of a background signal in 19F-MRI, but unfortunately, PFCs do not distribute very well 

in tissue. 

To our knowledge, no non-invasive methods currently exist for the measurement of light 

fluence rate in irradiated tissue. Invasive measurements are performed using isotropic 

fluence rate probes with a small spherical tip that collects light from all directions, mounted 

on an optical fiber that is inserted into the tissue [92]. These only provide a single-point 



measurement and are prone to micro-hemorrhages around the probe tip. A novel method to 

non-invasively visualize 3D distributions of fluence rate using MRI is introduced in Chapter 6. 

Assessment of treatment efficacy can aid in the optimization of treatment follow-up in the 

case incomplete response. Early detection of treatment success, on the other hand, could be 

useful to reduce hospitalization times and provide relief to patients. Besides, evaluation 

methods of treatment efficacy can be helpful in PDT research to optimize new treatment 

protocols, and they can be used as endpoints in clinical trials. 

Many examples exist of non-MRI-based imaging methods for assessment of PDT outcome. For 

example, PET and contrast-enhanced CT were used for visualization of necrosis and the 

surviving tumor volume after PDT [74,93]. MRI itself has been extensively used to assess the 

efficacy and to predict the outcome of oncological interventions other than PDT. Although 

MRI has occasionally also been used to evaluate tumor response to PDT, not much research 

has been specifically devoted to the characterization of MRI-detectable responses of tumors 

to PDT. Based on similarities in biological response, suitable MRI-based evaluation methods 

can be adopted from other cancer treatment modalities, such as thermal ablation or 

cryoablation [94,95]. 

Considering the fact that PDT induces necrosis and apoptosis, one may expect responses in 

endogenous MR contrast parameters due to structural tissue changes. For example, the 

apparent diffusion coefficient (ADC) generally increases in case of apoptosis or necrosis, due 

to cell swelling or disrupted membranes, resulting in higher water mobility [96]. Indeed, this 

has been observed using diffusion-weighted MRI at 24 hrs after PDT in mouse tumors [97]. 

The spin-spin relaxation time T2 is expected to increase as a consequence of enhanced water 

content due to inflammation and edema. This was the case in a subcutaneous human prostate 

tumor model in mice, in which T2 increased after 24 hrs PDT [98]. In contrast, heterogeneous 

T2 changes were observed in prostate tumors in human patients up to 1 week after PDT [99]. 

While the studies mentioned above illustrated that endogenous contrast MRI has been 

occasionally employed for the evaluation of PDT, a thorough characterization of the response 

of MR contrast parameters is not available. Moreover, most of the PDT studies using MRI rely 

on qualitative measurement of a single contrast parameter. However, it has been shown that 

the combined information of multiple parameters can provide more accurate information on 

treatment efficacy [94,100,101], and that quantitative imaging biomarkers are usually more 

specific and robust, and facilitate comparison of results from different measurements [102]. 

Chapter 2 of this thesis provides a quantitative and multiparametric characterization of the 

early tumor response to PDT based on MR contrast parameters, including most of those 

mentioned above. 

Another logical biomarker for treatment efficacy is vascular damage, which can be excellently 

depicted with contrast-enhanced MRI (CE-MRI). As previously described, vascular shutdown 

can be a deliberate target of certain PDT protocols, but is observed to some degree in almost 

all cases. Contrast-enhanced (CE) MRI has been used for measuring vascular effects of PDT, 



for example in prostate tumors [103], mammary adenocarcinoma [13] and pancreatic cancer 

[104]. Zilberstein et al. were one of the few who used dynamic contrast enhanced MRI (DCE-

MRI), which allows more detailed characterization of vascular function than standard CE-MRI 

[105]. In Chapter 3, we investigated the feasibility of DCE-MRI to detect successfully treated 

tumor tissue. 

Finally, phosphorus MR spectroscopy (31P-MRS) was suggested as a potential evaluation 

technique in the early years of PDT research [106]. The technique allows characterization of 

the PDT effect on tumor energy metabolism, through the detection of phosphorus 

metabolites, including adenosine triphosphate (ATP). There are various successful accounts 

on the use of 31P-MRS during and right after PDT, showing dramatic decreases of ATP 

concentrations and concomitant accumulation of inorganic phosphate [106,107], but all of 

these were performed in non-localized tumor measurements. In Chapter 4, we propose the 

use of 31P-MR spectroscopic imaging to visualize heterogeneities in the metabolic response of 

mouse tumors to PDT. 

 
The goal of this thesis was to explore useful applications of MRI in clinical PDT and PDT-

related research, and to identify suitable MRI-based evaluation tools for PDT treatment 

efficacy. The studies were all performed in mouse tumor models on dedicated small animal 

MRI scanners at a magnetic field strength of 7 T or 9.4 T. 

For the first three studies (Chapter 2-4) the photosensitizer Bremachlorin was used, also 

known outside the EU as Radachlorin [108,109], which was kindly supplied by Rada-Pharma 

International, (Steenbergen, The Netherlands). Bremachlorin is an aqueous solution of 

chlorophyll-derived substances, with chlorin e6 as its main component. This photosensitizer 

was selected in this work as a model drug, because it has some favorable properties over first 

generation photosensitizers, including faster pharmacokinetics [110,111]. It was also used in 

studies of colleagues, facilitating comparison between our and their results [112]. Although it 

is not clinically approved in the EU or North-America, it was approved for clinical use in 

Russia and South-Korea, for skin basal cell carcinoma and non-small-cell lung carcinoma, 

respectively [113,114]. 

At the start of the project, an optical setup was designed for PDT treatment, to enable 

percutaneous laser irradiation of subcutaneous mouse tumors. The setup contained a 2 W 

diode laser source producing 655 nm light for PDT with Bremachlorin, and a low power 532 

nm green light for alignment of the beam without inducing a PDT effect. Both light sources 

were coupled into the same optic fiber, which delivered the light to the mouse treatment 

setup. The light output of the fiber was collimated by a pair of lenses to a parallel beam with a 

width adjustable to the size of the tumor. For chapters 4 to 6, extensions to the setup were 

introduced to enable tumor irradiation inside the bore of both the 7 T and 9.4 T scanners. 

Light was delivered from the combined light sources into the scanner through an optic fiber. 

Because of the small diameter of the bore, the light was first collimated to a horizontal beam 

and then directed downwards onto the tumor by a prism. 



Chapter 2 describes an initial exploration study of the early response of tumor tissue to PDT 

based on a set of endogenous MR contrast parameters, as well as on DCE-MRI. The 

quantitative multi-parametric MRI protocol consisted of measurements of the longitudinal 

and transverse relaxation times T1 and T2, respectively, the apparent diffusion coefficient 

(ADC) of water, the area under the concentration-time curve (AUC) of a paramagnetic 

contrast agent, and tracer kinetic parameters of the same agent. MRI measurements were 

performed one day before, right after, and 1 and 3 days after PDT. Findings were compared 

and validated by histology. 

In the study reported in Chapter 3, the use of DCE-MRI to measure the tumor microvascular 

status for early evaluation of PDT was further investigated. PDT typically results in vascular 

occlusion, which is detected as absence of contrast agent enhancement, as shown in Chapter 

2. In this study, the correlation and spatial agreement of tissue viability and vascular status 

after PDT was investigated, to assess whether DCE-MRI has potential to measure PDT 

efficacy. To this end, an extensive comparison was performed between histological sections 

versus multi-slice DCE-MRI data of entire tumors. As a proof of concept, the detection of 

treatment success with DCE-MRI was also compared to actual tumor response at 1 wk after 

PDT. 

Chapter 4 deals with 31P MR spectroscopic imaging as an alternative approach for early 

assessment and monitoring of PDT efficacy. 31P MR provides a non-invasive window into the 

relative tissue concentrations of various phosphorus metabolites, from which the tissue 

energy status can be derived. PDT can induce decreases in tumor tissue energy status, during 

or very rapidly after treatment, which can be detected with 31P MR spectroscopy. While this 

was previously performed with non-localized or single tumor voxel measurements, this study 

was the first report of spatially resolved 31P MR experiments. The obtained 31P MR metabolite 

maps were compared to viability-stained histology-determined tumor sections. 

In Chapter 5, a novel tumor-targeted PDT concept using nanobody-photosensitizer 

conjugates was studied using the DCE-MRI tools developed in Chapter 3. Nanobodies are 

antibody fragments that bind selectively to specific antigens. In this case, epidermal growth 

factor receptor (EFGR) targeted nanobodies were used, since EGFR is overexpressed on the 

cell surface of many types of epithelial cancer. The efficacy and tumor-specificity of these 

nanobody-photosensitizer conjugates was tested. 

Chapter 6 introduces a new method for quantitative imaging of light distributions in laser-

irradiated tissue using MR thermometry. Small temperature increases resulting from light 

absorption were measured from which the light energy fluence rate was calculated. The 

method was validated in gel phantoms and for in vivo mouse tumors. 

Finally, Chapter 7 is a general discussion of the work presented in this thesis. This chapter 

compares the findings of different experimental chapters, and puts these into context. It also 

considers future directions of PDT and the role of imaging in oncology, and contains 

recommendations for future research. 
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The aim of this study was to characterize response to photodynamic therapy (PDT) in a 

mouse cancer model using a multi-parametric quantitative MRI protocol and to identify MR 

parameters as potential biomarkers for early assessment of treatment outcome.  

CT26.WT colon carcinoma tumors were grown subcutaneously in the hind limb of BALB/c 

mice. Therapy consisted of intravenous injection of the photosensitizer Bremachlorin, 

followed by 10 min laser illumination (200 mW/cm2) of the tumor 6 h post injection. MRI at 7 

T was performed at baseline, directly after PDT, as well as at 24 h, and 72 h. Tumor relaxation 

time constants (T1 and T2) and apparent diffusion coefficient (ADC) were quantified at each 

time point. Additionally, Gd-DOTA dynamic contrast-enhanced (DCE) MRI was performed to 

estimate transfer constants (Ktrans) and volume fractions of the extravascular extracellular 

space (ve) using standard Tofts-Kermode tracer kinetic modeling. At the end of the 

experiment, tumor viability was characterized by histology using NADH-diaphorase staining.  

The therapy induced extensive cell death in the tumor and resulted in significant reduction in 

tumor growth, as compared to untreated controls. Tumor T1 and T2 relaxation times 

remained unchanged up to 24 h, but decreased at 72 h after treatment. Tumor ADC values 

significantly increased at 24 h and 72 h. DCE-MRI derived tracer kinetic parameters displayed 

an early response to the treatment. Directly after PDT complete vascular shutdown was 

observed in large parts of the tumors and reduced uptake (decreased Ktrans) in remaining 

tumor tissue.  At 24 h, contrast uptake in most tumors was essentially absent. Out of 5 

animals that were monitored for 2 weeks after treatment, 3 had tumor recurrence, in 

locations that showed strong contrast uptake at 72 h. 

DCE-MRI is an effective tool for visualization of vascular effects directly after PDT. 

Endogenous contrast parameters T1, T2, and ADC, measured at 24 to 72 h after PDT, are also 

potential biomarkers for evaluation of therapy outcome. 

  



 
Photodynamic therapy (PDT) is a photochemistry-based approach for the minimally-invasive 

local treatment of cancer.  It consists of administration of a light-activated chemical, termed a 

photosensitizer (PS), followed by local irradiation of the tumor with light of the appropriate 

wavelength, resulting in the generation of cytotoxic species including singlet oxygen [1]. 

Typically, the light that is used for PDT is in the 600-800 nm wavelength range. PDT is 

clinically approved and routinely used for treatment of premalignant and malignant non-

melanoma skin tumors [2]. Besides, PDT has shown to be promising in the treatment and 

palliation of head and neck tumors [3], digestive system tumors (e.g. Barrett’s esophagus [4]), 

and prostate cancer [5]. A comprehensive review on PDT principles and applications can be 

found in Agostinis et al. [6]. 

Assessment of the treatment outcome is key to therapeutic success, since incomplete 

treatment may lead to tumor recurrence. The dose-response relation for PDT is notably 

complex, meaning that therapeutic outcome can vary despite standardized dose. Moreover, 

light dose and drug dose need to be distinguished. Light dose is usually defined as the fluence 

at the tumor surface, while drug dose is defined as the amount of injected photosensitizer. 

However, the actual quantities of photosensitizer and light fluence may vary within tumors 

and between subjects, due to biological heterogeneity. As a result, treatment response is 

difficult to predict, and should therefore be evaluated for each individual subject. Preferably, 

treatment efficacy should be monitored early after therapy, so that poorly responding tumors 

can be timely identified, in which case repeated or alternative treatment can be started. 

Furthermore, treatment evaluation should preferably be imaging-based, to enable distinction 

of spatial heterogeneities in response, which are inherent to tumor non-uniformity of PDT 

light and drug doses. 

PDT causes direct tumor cell damage resulting in apoptosis or necrosis [7]. Additionally, the 

treatment might lead to vascular occlusion, cutting off the vital supply of oxygen and 

nutrients to the tumor [8]. Magnetic resonance imaging (MRI) offers techniques to depict 

both mechanisms of action in a non-invasive and longitudinal fashion. Conventional MRI has 

been used for PDT response evaluation in a couple of studies, mostly employing T2- and 

diffusion-weighted imaging to identify qualitative signal changes or alterations in gross 

anatomy [9–12] . Contrast-enhanced (CE) MRI has shown promise for measuring vascular 

effects of PDT in mammary adenocarcinoma [13] and prostate tumors [11]. The water 

apparent diffusion coefficient (ADC) is a well-known biomarker to evaluate treatment 

response in oncology [14]. The ADC is sensitive to necrosis and apoptosis after radiotherapy 

and chemotherapy [15]. Nevertheless, quantitative MRI has been applied in a few studies only 

to study PDT response [16–18]. Most of these studies focused on a single or a small set of 

contrast parameters, whereas the spectrum of biological effects associated with PDT calls for 

a multi-parametric imaging approach. Besides, combined multi-parametric information can 

often improve accuracy of treatment evaluation by MRI [19–21]. We hypothesize that 

systematic quantitative multi-parametric imaging could help in identifying the most sensitive 

(combination of) readouts of treatment success. 



In view of this hypothesis, the goal of this study was to identify quantitative MRI biomarkers 

that are suitable for assessment of PDT response. To this end, we evaluated changes in T1, T2, 

ADC, and DCE-MRI derived vascular parameters upon PDT in a mouse cancer model up to 72 

h after treatment. The CT26.WT colon carcinoma model was used, because this tumor is well-

perfused and characterized by little spontaneous necrosis [22], allowing selective detection of 

treatment-induced vascular effects and tissue necrosis. 

 
All animal experiments were performed according to the Directive 2010/63/EU of the 

European Parliament and approved by the Animal Care and Use Committee of Maastricht 

University (protocol: 2012-139). 

CT26.WT murine colon carcinoma cells (American Type Culture Collection (ATCC), CRL-

2638) were cultured as a monolayer at 37 °C and 5% CO2 in RPMI-1640 medium (Invitrogen, 

Breda, The Netherlands), supplemented with 10% fetal bovine serum (Greiner Bio-One, 

Alphen a/d Rijn, The Netherlands) and 50 U/ml penicillin/streptomycin (Lonza Bioscience, 

Basel, Switzerland). Early passages (9-13) of the original ATCC batch were used for 

inoculation. 10–12 week-old BALB/c mice (Charles River, Maastricht, The Netherlands) were 

inoculated with 2*106 cells subcutaneously in the right hind limb. Tumors became palpable at 

3 to 5 days after inoculation. PDT treatment was performed when tumor diameter reached 10 

mm, approximately after 10 days. Average tumor volume was 228 ± 174 mm3 (mean ± SD) at 

the day of treatment. 

During photosensitizer injection, PDT, and MR imaging, mice were anesthetized using 

isoflurane (3.5% for induction, 1-2% for maintenance) in medical air flowing at 0.4 L/min. 

Breathing rate was monitored with a pressure balloon. During PDT and MRI, body 

temperature was monitored using a rectal probe, and kept at 36-37 °C using a warm water 

circuit. 

In total, n = 22 PDT treated mice and n = 10 untreated control mice were used in this study 

(Figure S1). All PDT treated tumor mice were scanned the day before and directly following 

PDT. After PDT, which was performed outside the MRI scanner, it took approximately 30 min 

to put the animal in the MRI scanner and start the scanning session. The total scanning time 

for the complete multi-parametric MRI protocol was approximately 2.5 h. Subsequently, one 

group of n = 7 mice was killed for histology. Of the remaining 15 mice, n = 10 were scanned at 

24 h and killed afterwards, whereas n = 5 were scanned at 72 h and then followed for at most 

2 weeks, during which tumor size was measured 3 times a week with a caliper. One control 

group of n = 5 untreated tumor mice with equal starting tumor size as the PDT group was 

scanned on 3 consecutive days. After the last scan, these control mice were killed. A second 

control group of untreated tumor mice (n = 5) with equal starting tumor size as the PDT 

group was scanned on 2 consecutive days, and at 72 h, and then followed for at most 2 weeks, 



during which tumor size was measured 3 times a week with a caliper. In all groups, a tumor 

volume of 1500 mm3 was used as a humane endpoint. 

The photosensitizer Bremachlorin, also known outside the EU as Radachlorin, was kindly 

supplied by Harrie Vink and Andrei Reshetnickov from Rada-Pharma International B.V. It is a 

mixture of chlorins in 0.35% (w/v) aqueous solution for intravenous injection, with chlorin 

e6 as its main constituent. A dose of 20 mg/kg body weight Bremachlorin was administered 

via the tail vein 6 h before light exposure. The hind limb was shaved, and a mask of black 

paper was positioned around the tumor to avoid light entering the surrounding tissue. 

Subsequently the tumor was exposed to 655 nm light, delivered by a laser diode (WSLB-650-

002-H, WaveSpectrum, Beijing, China) connected to a fiber, which was terminated by a pair of 

lenses to form a collimated beam with a diameter adjustable to the size of the tumor. The 

beam was aimed onto the skin covering the tumor, at an irradiance of 200 mW/cm2. The laser 

was turned on for 10 min, resulting in a total fluence of 120 J/cm2. Mice received preventive 

analgesia (s.c. injection of 0.05 mg/kg buprenorphine) 30 min before PDT, and every 12 h 

during the first 2 days after PDT.  

All scans were performed with a 7 T MR scanner (BioSpec 70/30 USR, Bruker) using a 

quadrature 72-mm-diameter transmit and receive birdcage coil. The tumor-bearing paw was 

gently fixed in a stretched position. Degassed ultrasound gel was applied onto the tumor as a 

susceptibility matching medium to reduce magnetic field inhomogeneities at air-tissue 

interfaces. A T2-weighted multi-slice spin echo scan was acquired for anatomical reference, 

with sufficient axial slices (typically 10-16) to cover the entire tumor. Scan parameters were 

as follows: TR=1000 ms, TE=30 ms, matrix=128x128, slice thickness=1.0 mm, slice gap = 0.1 

mm, FOV=4x4 cm2. The same geometry was used for T2- and ADC-mapping. T2 maps were 

acquired using a T2-weighted MLEV-prepared [23] GE-EPI sequence with TR=2000 ms, NA=2, 

and 7 TE values (0.9, 14.5, 28.1, 41.7, 55.3, 68.9, and 82.6 ms). ADC maps were acquired with 

a double spin-echo prepared diffusion-weighted EPI sequence with TE=41 ms, TR=4000 ms, 

NA=4, slice thickness=1.0 mm, slice gap = 0.1 mm, FOV=4x4 cm2, and 4 b-values (0, 100, 200, 

and 400 s/mm2) with diffusion gradients in 3 orthogonal directions. 

T1-mapping was performed using a 3D FLASH sequence with variable flip angle [24]. 

Sequence parameters were: TR=20 ms, TE=3.2 ms, 7 flip angles (2°, 3°, 5°, 7°, 10°, 13°, and 

20°), NA=2, matrix=128x128x39, FOV=40x40x22 mm3. DCE-MRI was performed using the 

same 3D FLASH sequence with fixed flip angle and shorter TR and TE. Sequence parameters 

were: TR=3 ms, TE=1 ms, flip angle=7o, NA=1, acquisition matrix=128x69x17 (zero-filled to 

128x128x39), FOV=40x40x22 mm3. The DCE-MRI sequence was repeated for 15 min with a 

temporal resolution of 3.5 s to capture the dynamic influx of contrast agent in the tumor. 

Dotarem was injected 2 min after start of the scan with a dose of 0.3 mmol Gd/kg b.w. in 5 s 

using a syringe pump (Fusion 100, Chemyx Inc., Stafford, TX, USA), followed by a saline flush. 

Both T1-mapping and DCE-MRI scans are sensitive to RF transmit B1 deviations and 

inhomogeneities. Therefore an RF flip angle correction map was acquired with a 3D FLASH 



sequence using the 180° signal null approach [25]. Sequence parameters were: TR=200 ms, 

TE=3.2 ms, 3 flip angles (145°, 180°, and 215°), NA=1, matrix=128x128x39, FOV=40x40x22 

mm3. 

All image analysis was performed using homemade scripts written in Matlab R2014a. Manual 

segmentation of tumors was performed based on the T2-weighted spin echo scans, in which 

the tumor signal was hyperintense compared to muscle tissue. 3D FLASH acquisitions were 

down-sampled in the third dimension to spatially match the 2D multi-slice acquisitions.  

For flip-angle correction the signal intensity (S) in each voxel as function of the nominal flip 

angle (FAn) was fitted to S=|a*FAn + b|, and a flip-angle correction map ζ was constructed 

according to ζ=-(a/b)*180°. For the T1-mapping and DCE-MRI scans the actual flip angle in 

each voxel (FAa) was obtained by correcting the nominal flip angle using FAa = ζ*FAn.  

T2-maps were reconstructed by fitting signal intensity (S) as function of TE to S∾Exp(-TE/T2). 

T1-maps were calculated by fitting signal intensity (S) as function of actual flip angle (FAa) to 

S∾Sin(FAa)*(1-Exp(-TR/T1))/(1-Cos(FAa)Exp(-TR/T1)). ADC values per diffusion-gradient 

orientation were calculated by fitting signal intensity (S) as function of b-value to S~Exp(-

ADC*b). A mean orientation-invariant ADC value was obtained by averaging the ADC values of 

the different diffusion-directions. 

From the pre-contrast longitudinal relaxation rate R1,pre=1/T1,pre and the dynamic signal 

changes acquired with a single flip angle during contrast agent influx, the dynamic changes in 

R1(t)=1/T1(t) were calculated. Subsequently, the dynamic changes in contrast agent 

concentration ([CA]) were calculated using R1(t) = R1,pre + r1*[CA], where r1 = 3.53 mM-1s-1 is 

the relaxivity of Dotarem at 7 T [26].  

For the DCE-MRI, area under the curve (AUC) of Dotarem concentration as function of time 

was used as a measure of contrast agent uptake by the tumor. Additionally, the standard 

Tofts-Kermode (TK) model [27] was applied to estimate Ktrans (transfer constant describing 

exchange between the blood plasma and the extravascular extracellular space (EES)) and ve 

(the volume fraction of the EES). The arterial input function (AIF) was constructed from a bi-

exponential function with amplitudes A1 = 5.36 mM and A2 = 1.27 mM, and time constant τ1 = 

5.36 s and τ2 = 915 s. A1 was estimated from the injected dose divided by the average blood 

volume for BALB/C mice [28], corrected for a hematocrit level of 0.563 (value provided by 

animal supplier), whereas time constant τ1 was taken from literature [29]. A2 and τ2 were 

based on previous experiments [22]. 

Immediately after killing the animals, the skin covering the tumor was removed, and tumors 

were marked with colored lines (MD100-1KT, Sigma Aldrich) as anatomical landmarks. 

Tumors were excised and snap-frozen in a cold isopentane slush, and then stored at -80 °C. 

For histological analysis, tumors were cut in 8 μm axial sections using a cryomicrotome 



(Shandon Cryotome, Thermo Fischer Scientific). Sections were stained with a NADH 

diaphorase tissue viability staining [30] or Hematoxylin and Eosin (H&E). 

For the NADH-diaphorase stainging, the cryo-sections were briefly air-dried, and 

subsequently incubated at 37 °C for 1 h in Gomori-Tris-HCl buffer (pH 7.4) containing β-NAD 

reduced disodium salt hydrate (Sigma-Aldrich, St. Louis, MO, USA, 0.71 mg/ml buffer 

solution) and nitro blue tetrazolium (Sigma- Aldrich, 0.29 mg/ml buffer solution). Specimens 

were then washed and mounted for analysis. Brightfield microscopy images of entire sections 

were performed by mosaic acquisition at 20x magnification. 

Average endogenous contrast parameter values were calculated in the entire tumor. For DCE-

MRI, pixels were classified as non-enhanced if the median contrast agent concentration after 

injection was smaller than twice the standard deviation of the pre-contrast signal intensity. 

Ktrans and ve were averaged over tumor pixels that satisfied the following criteria: 1) pixels 

were enhanced; 2) R2 of the TK model fit was larger than 0.80; 3) the maximum concentration 

was reached before 800 s after bolus injection; 4) Ktrans and ve values were physiologically 

realistic (0 ≤ Ktrans and 0 ≤ ve ≤ 1). 

Statistical analyses were performed in SPSS software (version 22). Levene’s test was used to 

test for equality of variances before comparing means of two groups, and an equal-variance 

or unequal-variance two-tailed t-test was used accordingly. A p value of less than 0.05 was 

considered statistically significant. 

 

PDT induced visible and palpable effects in the tumor-bearing hind limb. Within a day, there 

was swelling and darkening of the skin over the tumor. In some animals, a red ring occurred 

on the skin around the tumor. Two to three days after PDT, a dry necrotic crust had formed. 

Based on the MRI-based tumor segmentation, the average tumor volume decreased in PDT 

treated mice after 72 h, while control tumors continued to grow (Figure 1). For two of the five 

mice that were followed for 2 weeks after PDT, there was complete remission, and only a 

small scab remained at the position of the tumor. In the other 3 mice, there was tumor growth 

arrest or complete necrosis in the bulk of the tumor, but also continued growth of 

unsuccessfully treated tumor tissue. 



 

The effect of PDT on endogenous MR parameter maps was largely consistent in all mice. 

Figure 2 shows representative examples of endogenous parameter maps of two animals, up 

to 24 h and 72 h after PDT, respectively. R1 and R2 values in the tumors were rather 

homogeneous and unaffected by PDT up to 24 h. Typically, widespread increases in tumor R1 

and R2 were visually observed in the maps only as late as 72 h after treatment, although 5 out 

of 9 animals showed locally increased R1 values at 24 h. Tumor ADC values were increased at 

24 h and 72 h after treatment. Most mice presented a dry scab of severe necrosis, associated 

with large R1 and R2, and low ADC in the superficial tumor regions. Except for low ADC values 

in such regions with advanced necrosis, the ADC in the bulk of the tumor at 72 h was 

increased compared to the 24 h time point. Decrease in R1 and R2, and increase in ADC were 

observed directly after treatment in the skin covering the tumor and the muscle underneath, 

which could be attributed to therapy-induced edema. 

The average R1, R2 and ADC tumor values of treated and untreated mice for the different time 

points are summarized in Figure 3. Average tumor R1 and R2 were significantly increased at 

the 72 h time point only. Average tumor ADC was significantly increased at 24 h and 72 h 

after treatment. R1, R2, and ADC values remained constant for the control mice.  

 



 

 

 



Histology revealed changes in tumor tissue viability early after PDT, despite the absence of 

changes in R1, R2, and ADC. Figure 4 shows some representative NADH diaphorase stained 

sections of tumors excised at different time points. A patchy pattern with viable and non-

viable tumor tissue was observed directly after PDT. At 24 h after PDT, all tumors contained 

mostly non-viable cells. H&E staining confirmed that the regions which did not stain with 

NADH diaphorase were non viable, showing eosinophilic cytoplasm, hyperchromatic nuclei, 

and fragmentation of nuclei and cells. Interestingly, a NADH diaphorase viable tumor rim of 

50-150 μm width just below the skin was observed in many treated tumors 24h after PDT. 

Control tumors were mostly completely viable, with the exception of some small necrotic 

regions. 

 



In stark contrast to R1, R2, and ADC, response in DCE-MRI scans was observed directly after 

PDT (Figure 5). Area under the curve (AUC) was used as measure for the degree of contrast 

agent uptake. Whereas prior to treatment tumor AUC was generally similar or higher as 

compared to surrounding muscle, the AUC was sharply decreased in large areas of the tumor 

directly after PDT. The region with low AUC extended to the whole tumor and into the 

surrounding muscle at 24 h and later. Interestingly, while the tumor AUC was decreased, 

remote muscle tissue distant from the treatment area became more permeable to contrast 

agent.  

Figure 6 summarizes the non-enhanced tumor fraction and DCE-MRI kinetic parameters for 

the treatment and control groups. Directly after PDT, the average non-enhanced tumor 

fraction for treated mice was significantly higher than baseline. It further increased to 77% at 

24 h and remained at roughly this value up to 72 h post PDT. Ktrans in tumor tissue with 

significant AUC was significantly lower directly after PDT, as compared to baseline values and 

control tumors. The extracellular extravascular volume fraction ve was significantly higher at 

this time point. Ktrans and ve at 24 h and 72 h after PDT are not reported, since these 

parameters could only be calculated in a small number of tumor pixels at these time points, 

e.g. due to insignificant AUC. 

 



 

For the five mice that were followed for up to 2 weeks after PDT, Figure 7 shows tumor 

growth curves based on caliper measurements, and AUC maps obtained right after PDT and 

72 h after PDT. At both time points, the two animals with complete response (A and B) had 

higher non-enhanced fractions than the three animals with tumor recurrence (C – E). 

Interestingly, the location of tumor recurrence corresponded to the region with the highest 

AUC at 72 h post PDT in animals C – E. For example, in animal C, significant contrast 

enhancement was only observed in the 3 most distal tumor slices. Indeed, recurrence of 

tumor growth occurred in the distal tumor zone after 5 days, while the remainder of this 

tumor turned necrotic. Figure S2 shows Ktrans maps of the entire tumor of 3 animals right after 

PDT, as well as AUC maps at 72 h post PDT. Regions of tumor recurrence were characterized 

by significant contrast enhancement directly after PDT, and Ktrans values above the treated 

tumor average (i.e. Ktrans > 0.11 min-1). However, some successfully treated tumor tissue also 

showed contrast enhancement and high Ktrans values. None of the animals with tumor 

recurrence had lower tumor average Ktrans right after PDT (0.14, 0.20, and 0.10 min-1) than 

those with complete response (0.10 and 0.07 min-1). 



 

 
Multi-parametric MRI was performed to characterize changes in tumor tissue structure and 

vasculature in response to PDT in a murine tumor model. Our goal was to identify those 

imaging biomarkers that could be suitable for early evaluation of PDT outcome, preferably 

within one day after treatment. 

DCE-MRI showed the fastest response after treatment. Directly after treatment, considerable 

tumor parts were non-enhanced, which we attribute to vascular occlusion induced by PDT. In 

the remaining tumor tissue Ktrans was decreased compared to baseline and controls, indicating 

that blood perfusion was compromised. In this tissue the process towards vascular stasis may 

still have been in progress, as at 24 h and later the complete tumor remained non-enhanced 

after contrast agent injection. The DCE-MRI data of 5 animals that were sacrificed 2 weeks 

after PDT suggested that remaining contrast-enhancement at 72 h is an indicator for tumor 

recurrence. Future work could be aimed at optimizing the PDT to prevent tumor recurrence 

using DCE-MRI as an early indicator of treatment success. 

It is known that PDT can induce severe and quick vascular responses [8]. Vascular occlusion 

is believed to be initiated by endothelial cell damage, as a result of singlet oxygen production 

by photosensitizer bound to membranes and other vital parts of endothelial cells. This leads 

to disintegration of the cytoskeletal structure, cell rounding, and opening of the tight 

junctions between endothelial cells, exposing the basement membrane. Platelets and 

leukocytes can bind to these sites of damage, triggering vessel constriction and platelet 



aggregation through the release of signaling substances. Secondly, direct platelet damage 

caused by activated photosensitizer in the blood is a mechanism that likewise leads to blood 

stasis.  

Similar observations concerning the vascular effects of PDT using DCE-MRI were done by 

Zilberstein et al. [31], although in their study tumor illumination was started immediately 

after injection of the photosensitizer. They observed a complete arrest of vascular perfusion 

24 h post PDT, but also a marked increase in vessel permeability 1 h post treatment. We did 

not observe increased Ktrans directly after PDT, but rather a decrease. This difference might be 

due to the fact that our first DCE-MRI measurement was performed at approximately 2.5 h 

instead of 1 h after PDT. At 2.5 h, the vascular damage process may have progressed from 

vascular rupture towards blood flow stasis. 

In contrast to DCE-MRI, the endogenous contrast parameters T1, T2, and ADC only 

significantly changed at the later time points. This was somewhat surprising in view of the 

structural tissue defects that were observed in histological analysis for the treated tumors at 

this time point. Similarly, Haider et al. found unaltered T2-weighted contrast in human 

prostate 1 week after PDT [11]. On the other hand Fei et al. reported an increase in T2 at 24 h 

post PDT [32]. In the latter study, a different tumor model, photosensitizer, and treatment 

protocol were used. Specifically, tumors were exposed to light 48 h after photosensitizer 

injection, which might have resulted in more cellular uptake than in our study. Wang et al. 

studied ADC changes in response to PDT with a phthalocyanine photosensitizer and observed 

increased ADC values in tumors 24 h post treatment [17], in line with our findings. 

The DCE-MRI enhancement maps revealed considerable volumes of non-perfused muscle 

around the treated tumors. Muscle damage surrounding the tumor was also observed in H&E 

sections. This could be caused by ischemia as a result of PDT-induced vascular occlusion.  

Alternatively, the tumor-to-muscle photosensitizer uptake ratio may have been too low to 

selectively ablate the tumor. In an HT29 human colorectal xenograft model, photosensitizer 

fluorescence intensity in tumors was generally less than 2 times higher than in muscle [33]. 

Generally, PDT is based on a combination of direct cellular damage and vascular shut-down. 

The relative contributions of both mechanisms depend on the pharmacokinetics of the 

photosensitizer, but can be manipulated by varying the time between injection and light 

administration. For our study design, we expected that the direct cellular pathway would be 

most dominant, as Park et al. reported a clearance of Bremachlorin from the blood of 

C57BL/6 mice: 80% clearance was found 6 hours after i.v. injection [34]. However, our DCE-

MRI results suggest that sufficient photosensitizer was present in the blood after 6 h for a 

strong vascular effect in both tumor and muscle tissue. In order to achieve a more tumor-

specific treatment, a longer drug-light interval may be required, to reach sufficient blood 

clearance and prevent damage to normal tissues through vascular effects. 

We have shown in a mouse model that MRI, especially DCE-MRI, is a powerful tool for 

visualization of tumor response to PDT. Our results also suggested a relation between 

contrast-enhancement at 72 h post PDT and tumor recurrence, which is crucial for the clinical 



translatability of the methods. Future research will be aimed at investigating if DCE-MRI 

measurements early after PDT can be used to classify tumor tissue as successfully treated 

(viable) or non-successfully treated (non-viable), based on a spatial comparison with 

histological slice stacks of entire tumors. Furthermore, a study in which more animals are 

followed-up for a longer period after therapy would allow determining the actual predictive 

value of the MR biomarkers with regard to long-term therapeutic outcome.  

 
We presented a multi-parametric MRI follow-up of PDT in a mouse model of cancer. Shut-

down of tumor perfusion was observed by DCE-MRI directly after PDT. A late response to the 

treatment was observed in the endogenous contrast parameters T1, T2, and ADC. The methods 

presented here can be applied for optimization of PDT treatment protocols, mechanistic 

research, but should also be clinically translatable for treatment evaluation of patients. 
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Early evaluation of response to therapy is crucial for selecting the optimal therapeutic follow-

up strategy of cancer patients. In this study, we assessed the suitability of Dynamic Contrast-

Enhanced Magnetic Resonance Imaging (DCE-MRI) to evaluate treatment efficacy within a 

day after photodynamic therapy (PDT), using the tumor vascular response as a biomarker for 

treatment success. PDT is a photochemistry-based treatment modality that induces tumor 

tissue damage by cytotoxic oxygen radicals, generated by a pre-injected photosensitive drug 

upon light irradiation of tumor tissue. Vascular shutdown is an important mechanism of 

tumor destruction for most PDT protocols. DCE-MRI at 7 T was used to measure the micro-

vascular status of subcutaneous colon carcinoma tumors before, right after, and 24 h after 

PDT. Maps of the area under the curve (AUC) of the contrast agent concentration were 

calculated from the DCE-MRI data. Besides, tracer kinetic parameters including Ktrans were 

calculated using the standard Tofts-Kermode model. Viability of tumor tissue at 24 hrs after 

PDT was assessed by histological analysis.  For PDT-treated tumors, the viable tumor fraction 

showed a strong correlation (ρ ≥ 0.85) with the tumor fraction with Ktrans > 0.05 min-1 right 

after PDT, as well as with the enhanced fraction, the average Ktrans, and the fraction with Ktrans 

> 0.05 min-1 at 24 h after PDT. Images of the viability stained tumor sections were registered 

to the DCE-MRI data, demonstrating a good spatial agreement between regions with Ktrans > 

0.05 min-1 and viable tissue regions. Finally, 3D binary treatment success detection maps 

were constructed for the tumors of three mice by applying a threshold (0.05 min-1) to Ktrans at 

24 h after PDT. As a proof of principle, these maps were compared to actual tumor 

progression after one week. Complete tumor response was correctly assessed in one animal, 

while residual viable tumor tissue was detected in the other two, at the locations where 

residual tumor tissue was observed after one week. This study demonstrates that DCE-MRI is 

an effective tool for early evaluation of PDT tumor treatment. 

  



 
Photodynamic therapy (PDT) is gaining interest as a vascular targeted treatment option for 

cancer, since it enables local ablation of tumor tissue while avoiding damage to surrounding 

organs. PDT induces tissue necrosis by irradiation of the tumor with single-wavelength light, 

after prior administration of a photosensitive drug [1,2]. Light excitation of the 

photosensitizer leads to production of cytotoxic amounts of reactive oxygen species. Tumor 

tissue destruction results from a combination of direct cellular damage and deprivation of the 

tumor from oxygen and nutrients due to vascular shutdown [3]. Treatment can be tailored 

towards induction of vascular damage with a photosensitizer that is confined to the blood and 

using a short time interval between photosensitizer administration and light treatment [4]. 

However, vascular damage is a major contributor to the therapeutic effect for most PDT 

compounds and protocols. 

One of the most successful applications of PDT so far has been the treatment of early stage 

prostate cancer, using the photosensitizer padeliporfin (also known as TOOKAD® Soluble or 

WST11) [5]. Targeted light irradiation is achieved by insertion of one or multiple optical 

fibers within hollow plastic needles, which facilitate accurate positioning in the prostate. PDT 

with padeliporfin was shown to effectively induce tumor tissue ablation while preserving 

critical organ structures. In a phase III clinical trial, the treatment was found to be a 

promising alternative to active surveillance of early stage prostate tumors [6]. PDT with 

padeliporfin has also proven successful in preclinical in vivo studies with application to renal 

and urethral tumors [7,8]. Furthermore, other photosensitizers were tested for treatment of, 

amongst others, pancreatic cancer [9] and brain gliomas [10]. 

From these successful applications it became evident that there is a need for improved tools 

for early and accurate assessment of treatment outcome. For example, in the clinical trial with 

padeliporfin, only 49% of men had a negative biopsy and 28% had disease progression at 24 

months post PDT, i.e. increased tumor size or Gleason score, or consistently high prostate 

specific antigen levels [6,11]. In general, many types of cancer treatment exhibit variable 

response, which can be partly attributed to the heterogeneous nature of tumor tissue [12,13]. 

In the case of PDT, lack of response can be further due to inadequate delivery of one or more 

of the key elements of PDT, i.e. photosensitizer, light, and oxygen, to all parts of the tumor 

[14,15]. Regardless of the cause of treatment failure, there is a clear necessity for early and 

more detailed assessment methods to evaluate treatment outcome. Currently, treatment 

outcome is often evaluated only on the long-term, based on global metrics such as tumor 

volume [16]. However, knowledge of the exact location of residual tumor tissue early after 

treatment would assist in decision-making on follow-up treatment and improve general 

prognosis. 

Dynamic Contrast-Enhanced Magnetic Resonance Imaging (DCE-MRI) could be an effective 

treatment evaluation method for PDT, since it enables non-invasive and accurate 

visualization of the micro-vascular status. We have previously found that vascular occlusion 

is clearly detectable with DCE-MRI as a strong decrease in tumor contrast enhancement 

within 2 hrs after PDT [17]. We also found indications that the contrast enhancement is 



related to tissue viability status at 24 h post treatment. These findings give rise to the 

hypothesis that DCE-MRI data correlates and matches spatially with tissue viability after PDT. 

Several reports of the use of contrast-enhanced MRI for PDT evaluation exist [18,19], but to 

our knowledge, the spatial correspondence between (D)CE-MRI data and tumor treatment 

response has not been rigorously assessed. 

In this study, we therefore investigated whether DCE-MRI at 7 T in combination with tracer 

kinetic analysis can be used to predict tumor tissue status after PDT and to detect 

heterogeneities in tumor viability. The study was performed in a mouse tumor model of colon 

carcinoma. DCE-MRI-based parameters acquired right after and at 24 h after PDT were 

spatially compared to viability stained histological sections of the entire tumor, excised 24 h 

after PDT. Finally, 3D treatment success prediction maps were constructed from the DCE-MRI 

data at 24 h post treatment, and compared to the (residual) tumor status after 1 week in a 

separate group of 3 animals. While this study was performed from the perspective of PDT, the 

presented evaluation tools may be equally useful for other types of vascular therapy. 

 

Animal studies were approved by the committee of Animal Research of Maastricht University, 

Maastricht, The Netherlands (protocol: 2014-011). Murine CT26.WT colon carcinoma cells 

(CRL-2638, American Type Culture Collection, Manassas, VA, USA) were cultured at 37 °C and 

5% CO2 in RPMI-1640 medium (Invitrogen, Breda, The Netherlands), supplemented with 

10% fetal bovine serum (Greiner Bio-One, Alphen a/d Rijn, The Netherlands) and 50 U/ml 

penicillin/streptomycin (Lonza Bioscience, Basel, Switzerland). Early passages (9–13) of the 

original batch were used for inoculation. Ten to twelve week-old BALB/c mice (Charles River, 

Maastricht, The Netherlands) were inoculated with 106 cells subcutaneously in the right hind 

limb. Approximately 4 days after inoculation, tumors became palpable. 

During photosensitizer injection, PDT, and MR imaging, mice were anesthetized using 

isoflurane (3.5% for induction, 1–2% for maintenance) in medical air flowing at 0.4 L/min. 

Breathing rate was monitored with a pressure balloon. During PDT and MRI, body 

temperature was monitored using a rectal probe, and kept at 36–37 °C using a warm water 

circuit. 

After tumor inoculation, tumor volume was measured with a caliper every 2 or 3 days. All 

animals (n = 21) underwent MRI exams on three consecutive days, when one of the tumor 

diameters reached 10 mm, approximately 10 days after inoculation. For treated animals (n = 

16), PDT was performed outside the MRI scanner on the second experiment day. Of these 

animals, n = 8 received complete tumor treatment and n = 5 intentionally received partial 

tumor treatment. The average tumor volume was 228 ± 174 mm3 (mean ± SD) at the day of 

treatment. After PDT, the animals were immediately prepared for MRI. Due to the time 

needed for animal positioning and preparatory scans, DCE-MRI was effectively performed at 



110 min after PDT, henceforth referred to as “right after PDT”. The experiment on the third 

day was planned such that the DCE-MRI scan was acquired at 24 h after PDT. Immediately 

afterwards, the mice were sacrificed by cervical dislocation. Control animals (n = 5) 

underwent the same protocol, but received no photosensitizer and no light treatment. 

Additionally, n = 3 fully treated animals also went through the same procedure, except that 

they were sacrificed 1 week after PDT, during which monitoring of tumor size was continued.  

The photosensitizer (Bremachlorin, Rada-Pharma International B.V, The Netherlands) was 

administered via the tail vein at a dose of 20 mg/kg body weight 6 h before light treatment. 

Bremachlorin is a mixture of chlorins (mainly chlorin e6) in 0.35% (w/v) aqueous solution. 

The tumor-bearing hind limb was shaved. To protect the surrounding tissue from exposure to 

light, a black paper mask was positioned around the tumor. For partially treated tumors, 

about two third of the tumor was additionally covered with paper. The tumor was irradiated 

percutaneously with a collimated light beam, aimed perpendicularly onto the skin. The 655 

nm light was produced by a fiber-connected laser diode (WSLB-650-002-H, Wave-Spectrum, 

Beijing, China), and guided through a pair of lenses to form a beam with a diameter adjustable 

to the size of the tumor. The total beam output power was calibrated prior to treatment with 

an optical power meter, and was adjusted to produce an irradiance of 200 mW/cm2. Light 

exposure was applied for 10 min, resulting in a total fluence of 120 J/cm2. Before PDT, as well 

as every 12 h during the first 2 days after PDT mice received preventive analgesia (s.c. 

injection of 0.05 mg/kg buprenorphine). 

All scans were performed with a 7 T MR scanner (BioSpec 70/30 USR, Bruker), using a 72 

mm diameter quadrature birdcage coil for RF signal transmission and reception. The same 

scan protocol was applied on all three experiment days. The tumor-bearing hind limb was 

gently fixed in a stretched position and immersed in degassed ultrasound gel, as a 

susceptibility matching medium to reduce magnetic field inhomogeneities. A multi-slice spin 

echo T2-weighted anatomical reference scan was first acquired, with enough slices to cover 

the complete tumor. The following scan parameters were used: repetition time (TR) = 1000 

ms, echo time (TE) = 30 ms, matrix = 128x128, field of view (FOV) = 40x40 mm2, slice 

thickness = 1.0 mm, slice gap = 0.1 mm. T1 mapping was performed using a 3D FLASH scan 

with variable flip angles (FA) [20]. Scan parameters were: TR = 20 ms, TE = 3.2 ms, FA = 2°, 

3°, 5°, 7°, 10°, 13°, and 20°, number of averages (NA) = 2, matrix = 128x128x39, FOV = 

40x40x22 mm3. The same sequence was used to perform the DCE-MRI scan, but with shorter 

TR and TE and fixed flip angle. Sequence parameters were as follows: TR = 3 ms, TE = 1 ms, 

FA = 7°, NA = 1, acquisition matrix = 128x69x17 (zero-filled to 128x128x39), FOV = 40x40x22 

mm3. The influx and washout of the contrast agent in the tissue were dynamically recorded 

with a temporal resolution of 3.52 s, by repeating this sequence for 15 min. Two min after the 

start of the scan, a 100 μL bolus of 0.3 mmol Gd/kg body weight Dotarem (Guerbet, Villepinte, 

France) followed by a saline flush was injected into the tail vein in 5 s using a syringe pump 

(Fusion 100, Chemyx Inc., Stafford, TX, USA). The T1-map and DCE-MRI methods used in this 

study are sensitive to deviations in RF transmit amplitude B1.  Therefore, a correction map 



was acquired to enable reconstruction of the local effective flip angle from the nominal flip 

angle, using the signal null approach [21]. A 3D FLASH scan was recorded at 3 large flip 

angles (FA = 145°, 180°, 215°), with TR = 300 ms, TE = 3.2 ms, matrix = 128x128x39, and FOV 

= 40x40x22 mm3. 

Immediately after the animal was sacrificed, the skin of the tumor-bearing hind limb was 

removed and the tissue was dried with paper. Colored tissue marker dye (MD100-1KT, Sigma 

Aldrich) was used to draw proximodistal reference lines to enable reconstruction of the 

tumor orientation upon tumor sectioning. The tumor was then excised and snap-frozen in 

cold isopentane slush, and subsequently stored at -80 °C.  Later, tumors were cut into 8 μm 

sections using a cryotome (Shandon cryotome, Thermo Fischer Scientific, Waltham, MA, USA). 

Based on the tissue marker reference lines, transverse sections were cut at every 1.1 mm 

depth, resulting in a set of sections with approximately similar geometry as the MRI slices. 

Four adjacent sections were cut at each depth, to allow different types of staining. 

Hematoxylin and Eosin (H&E) and CD31 endothelial cell immunofluorescence stainings were 

performed on selected sections, while nicotinamide adenine dinucleotide (NADH) diaphorase 

viability staining was performed at all depths of all tumors. Both brightfield and fluorescence 

microscopy images were acquired at 20x magnification with a digital slide scanner 

(Pannoramic Midi, 3DHistech, Budapest, Hungary). 

Tissue viability was detected by staining for the enzyme nicotinamide adenine dinucleotide 

(NADH) diaphorase, which is closely tied to the cellular maintenance of the vital component 

NADH. In the presence of NADH, this enzyme catalyzes the reduction of colorless tetrazolium 

salts to a water-insoluble blue dye called formazan [22]. Staining solution was prepared by 

adding 0.714 mg/mL β-NAD reduced disodium salt hydrate (N8129, Sigma-Aldrich, St. Louis, 

USA) and 0.286 mg nitro blue tetrazolium (N5514, Sigma-Aldrich, St. Louis, USA) to Gomori-

Tris-HCl buffer (pH 7.4). After thawing and air-drying for 30 min, slides were placed in 

staining solution for 1 h at 37 °C, and consequently washed and mounted. 

Detection of blood vessels was performed using immunofluorescent labeling of CD31, a 

surface protein expressed by endothelial cells [23]. After fixation in ice cold acetone, sections 

were briefly air-dried, followed by incubation in blocking buffer (Superblock, Thermo Fischer 

Scientific, Waltham, MA, USA) for 1 h at room temperature, biotin-conjugated rat anti-mouse 

CD31 (102503, BioLegend, San Diego, CA, USA, dilution 1:250) overnight at 4 °C, and DyLight 

649-conjugated streptavidin (405224, BioLegend, dilution 1:100) for 1 h at 20 °C. Sections 

were rinsed with PBS containing 0.3% Tween-20 after each incubation step, and antibodies 

and streptavidin were diluted in blocking buffer. 

Image analysis was performed in Matlab 2016a. Tumors were manually segmented, based on 

the T2-weighted anatomical reference images, in which tumor tissue was hyperintense 

compared to surrounding tissues. 



A flip angle correction factor ζ was calculated in each voxel by fitting the signal intensities S as 

a function of the nominal flip angle FAn to the function S = |a * FAn + b|. For the T1 map and the 

DCE scan, the correction factor ζ = -(a/b) * 180° was used to deduce the actual flip angle FAa 

from the nominal flip angle FAn as follows: FAa = ζ * FAn. T1 maps were obtained by fitting the 

signal intensity S corresponding to the different flip angles FA to the signal equation for 

spoiled gradient echo sequences: S ~ sin(FA) * (1 – exp(-TR/T1)) / (1 – cos(FA) exp(-TR/T1)). 

From the dynamic signal intensity S(t) of the DCE-MRI scan and the pre-contrast longitudinal 

relaxation rate R1,pre = 1/T1,pre, the dynamic relaxation rate R1(t) = 1/T1(t) as a function of time 

was first calculated. Using the ratio S(t)/Spre and the above-mentioned spoiled gradient echo 

sequence signal equation, R1(t) was solved. The Dotarem concentration C(t) was then derived 

by applying the spin-lattice relaxivity (r1 = 3.53 mM-1 s-1) at 7 T [24], using R1(t) = R1,pre(t) + r1 

* C(t). 

The area under the curve (AUC) of the Dotarem concentration C(t) was used as a simple 

measure for contrast agent uptake. Besides, pixels were classified as “enhanced” when the 

median of C(t) after contrast injection was at least twice as large as the standard deviation of 

C(t) before injection. Tracer kinetic parameter modeling using the standard Tofts-Kermode 

model [25] was applied to extract the transfer constant Ktrans and the volume fraction ve of the 

extracellular extravascular space (EES). The transfer constant Ktrans (min-1) describes the 

volume rate of exchange of the contrast agent between the blood plasma and the EES. The 

arterial input function (AIF) was defined as a biexponential function with amplitudes A1 = 

5.36 mM and A2 = 1.27 mM, and time constants τ1 = 5.36 s and τ2 = 915 s. A1 was estimated 

from the injected dose divided by the average blood volume for BALB/C mice [26], corrected 

for a hematocrit level of 0.563 (value provided by animal supplier), whereas time constant τ1 

was taken from literature [27]. A2 and τ2 were based on previous blood sampling experiments 

[28]. Tumor averages for Ktrans were based on all tumor pixels, including non-enhanced ones. 

For robust calculation of the tumor averages of ve, only those pixels were included for which 

all of the following criteria were met: 1) pixels were enhanced; 2) C(t) reached a maximum 

before the end of the acquisition, followed by a washout phase; 3) the fit of the Tofts-

Kermode model to the concentration curve had an R2 > 0.80; 4) tracer kinetic analysis 

resulted in a physically realistic ve value, i.e. 0 ≤ ve ≤ 1. 

An initial registration of histology and MRI slice stacks of the tumors was obtained using the 

assumption that the histological sections were cut in the same planes as the MRI slices. First, 

the in-plane orientation of all histological sections of each tumor was manually matched with 

respect to each other, using the colored dye fiducial lines. The global orientation of all 

histological sections was then matched with that of the MRI tumor slices. Second, if the 

number of histological sections differed from the number of MRI slices, the tumor slice stacks 

were mutually shifted to obtain the best overall visual correspondence between all pairs of 

histological and MRI slices, in terms of shape and area. Unpaired slices at the top and bottom 

of the slice stack were omitted. Finally, in-plane translation was performed for each 

individual histological tumor slice, to find the largest overlap with the MRI tumor masks. 



During the registration process, the operator used only binary tumor masks, and was 

therefore unaware of the spatial distribution of tissue viability or DCE-MRI parameters within 

the tumor. Two tumors were excluded from the analysis because most of their sections 

contained significant cracks or folds.  

After registration, a 2x2x2 spatial grid was defined, dividing the tumor in 3 directions: 

proximal-distal, left-right, and superficial-deep. The in-plane orientation of the grid was 

manually selected, based on the T2-weighted anatomical reference images. Within the image 

plane, the center of the grid was placed at the center of mass of the MRI-based tumor masks, 

averaged over all tumor slices. In the slice direction, the center was placed halfway the 

number of tumor slices. 

Statistical analyses were performed in SPSS software (version 22). Unless otherwise 

mentioned, values were reported as “average ± standard deviation”. One-way or mixed-

design ANOVAs with Bonferroni post-hoc tests were used to test for differences between 

control and treated animal groups, after validation of the homogeneity of variances (using 

Levene’s test) and the sphericity assumption (using Mauchly's test). Throughout the article, p 

values of less than 0.05 were considered statistically significant and were indicated by a 

single asterisk (*), while double asterisks (**) indicate p < 0.005. 

 

Figure 1 shows examples of DCE-MRI-derived parameter maps of treated and partially 

treated tumors before, directly after, and at 24 h after PDT. The PDT treatment significantly 

affected the contrast agent uptake (Figure 1; AUC) and kinetics (Figure 1; Ktrans and ve) in the 

tumor. Untreated tumors (not shown in Figure 1) were largely enhanced. Signal enhancement 

patterns in untreated control animals changed little over the course of 3 days. Conversely, an 

immediate dramatic decrease in enhancement was measured in fully treated tumors after 

PDT. Moreover, at 24 h treated tumors showed little or no contrast uptake. A smaller but still 

significant loss in contrast uptake was also measured for the partially treated tumors. After 

24 h, most of these tumors had non-enhancing regions besides distinct regions with strong 

contrast agent uptake.   



 

Both the fully treated and partially treated tumor in Figure 1 showed significant values for 

Ktrans in almost the whole tumor before PDT. Ktrans displayed considerable variance throughout 

the tumor, with larger values mostly near the tumor boundaries. In accordance with the lack 

of contrast agent uptake in the fully treated tumor after PDT, Ktrans was negligible in almost 

the whole tumor ROI. Even in the slightly enhanced tumor regions observed right after PDT, 

Ktrans approximated zero. Ktrans was also very low in the surrounding muscle tissue at 24 h 

after PDT. In the partially treated tumor, more than half of the tumor displayed significant 

Ktrans values right after and at 24 h after PDT. Within this region of the tumor, the Ktrans profile 

did not show clear differences with respect to baseline. The analysis of ve was confined to the 

tumor pixels with significant enhancement. In pixels with low quality tracer kinetic modeling 

fit (R2 < 0.80) and pixels that did not contain a contrast washout phase, ve was also not 

calculated. In the fully treated tumor shown in Figure 1, these exclusions resulted in a 

negligible number of remaining pixels for which ve could be quantified. On average, ve was 

determined in 24.2 ± 9.0% and 6.0 ± 4.6% of the total volumes of fully treated tumors, 

directly after PDT and 24 h after PDT, respectively. For partially treated tumors, ve could be 



calculated in on average 45.9 ± 8.7% and 44.4 ± 9.9% of the pixels, directly and 24 h after 

PDT, respectively. After PDT, these pixels showed similar ve values as before treatment. 

Figure 2a-c shows tumor averages of the DCE-MRI parameters. A mixed ANOVA with 

Bonferroni post-hoc tests revealed a significant interaction effect (p = 7.5*10-8) of time and 

treatment on the enhanced tumor fraction (Figure 2a). In untreated controls, the enhanced 

fraction remained unaltered over the course of 3 measurement days, while for partially 

treated tumors it decreased significantly at 24 h after PDT compared to baseline (p = 0.028). 

For the fully treated tumors, a significant decrease was already observed right after PDT (p = 

2.0*10-6), which was even more pronounced at 24 h post PDT (p = 4.7*10-9). Moreover, 

significant differences were found right after PDT for fully treated versus untreated tumors (p 

= 8.6*10-4), and at 24 h after PDT for both fully and partially treated tumors versus controls 

(p = 4.9*10-7 and p = 0.022). Finally, the enhanced fraction of fully treated tumors was 

significantly smaller than that of partially treated ones at 24 h after PDT (p = 7.2*10-5). 

For the average tumor Ktrans (Figure 2b), a significant effect of treatment was found (p = 

2.9*10-4). For fully treated tumors, Ktrans right after PDT was significantly lower compared to 

baseline (p = 0.0030), but also compared to untreated tumors (p = 7*10-6) or partially treated 

tumors (p = 0.019) at the same time point. Besides, partially treated tumors had lower Ktrans 

than untreated tumors right after PDT (p = 0.0032). At 24 h after PDT, Ktrans of fully treated 

tumors was lower compared to baseline (p = 0.014), and also compared to partially treated 

and untreated tumors (p = 1.0*10-4 and p = 0.0041). No effect of treatment or time on ve was 

found (Figure 2c). 

 



 

PDT led to a visually observable tumor response in all treated mice within less than a day. 

Untreated tumors were pink or red, and only a few tumors displayed small parts with 

spontaneous necrosis. PDT-treated tumors initially became purple as a result of hemorrhage 

and sometimes black due to necrosis. Treatment-induced edema led to swelling of the hind 

limb. In the T2-weighted MR images of most treated tumors we observed edema between the 

tumor and the skin. 

A histological NADH-diaphorase activity staining was used to identify tumor tissue viability 

(Figure 3). A positive dark blue staining indicates intact activity of the vital NADH-diaphorase 

enzyme, which is associated with tissue viability. As expected, most untreated tumors were 

almost completely positively stained, indicating that they were largely viable. In contrast, few 

positively stained regions were found in the fully treated tumors. In tumors that were 

intentionally partially treated a sharp demarcation was observed between the viable 



untreated region and the nonviable treated portion of the tumor (Figure 3, upper right). 

Using the colored fiducial lines on the tumor surface, the angle of incidence of the light beam 

could be estimated. Viable parts were mostly found in the deeper regions of the tumors, and 

in the non-irradiated region. Interestingly, in many of the treated tumors, a thin (100-200 

μm) rim of viable tissue was observed at the tumor edges. 

In a selection of tumors, the NADH-diaphorase staining was compared to H&E staining in 

adjacent sections to validate and confirm that the NAHD-diaphorase positive regions 

corresponded to viable tissue, while negative regions were necrotic. The bottom row of 

Figure 3 shows both NADH-diaphorase and H&E images of matching regions of adjacent 

tumor sections, for an untreated tumor with positive NADH-diaphorase staining, and a 

treated tumor with negative staining. Overall, the H&E stainings confirmed the findings from 

the NADH-diaphorase stainings. NADH-diaphorase positive regions were associated with 

intact cells with high cellular density and structural integrity. NADH-diaphorase negative 

tissue was characterized on H&E by disrupted cells, eosinophilic cytoplasm, and fragmented 

and hyperchromatic nuclei. 

 



The average histology-derived viable tumor fractions at the 3 time points are shown in Figure 

2d. The group averages reflect the specific observations from Figure 3: control tumors were 

almost completely viable, fully treated tumors were almost completely non-viable, and 37.5% 

of partially treated tumors was viable. Viable fractions of both fully and partially treated 

tumors were significantly different from untreated controls (p = 4*10-11 and p = 8*10-8, 

respectively; one-way ANOVA with Bonferroni post-hoc) and from each other (p = 4*10-5). 

Figure 4 shows correlations between the histology-derived viable tumor fractions at 24 h 

after PDT and several parameters derived from the DCE-MRI measurements directly after 

(Figure 4a-d) and at 24 h after (Figure 4e-h) PDT. Linear regressions were performed for 

each parameter, either for all animals (solid lines) or only considering PDT treated ones 

(dashed lines). The Pearson correlation coefficients of all correlations were statistically 

significant, except for the average AUC and the enhanced fraction right after PDT, when 

control animals were not included. When considering only the PDT-treated tumors, very 

strong correlations (ρ ≥ 0.85) were observed for the fraction with Ktrans > 0.05 min-1 right after 

PDT, as well as for the enhanced fraction, the average Ktrans, and the fraction with Ktrans > 0.05 

min-1 at 24 h after PDT. For all parameters and at both time points, the slope of the line 

resulting from the linear regression was higher when only the treated animals were included, 

although the correlation was often weaker due to the smaller range in viable fractions. 

Correlations for ve were weak and not statistically significant. Different thresholds for Ktrans 

were heuristically tested, resulting in the strongest correlations for a threshold value of 0.05 

min-1. 



 



Next, quantitative parameter maps of those parameters with the largest correlation 

coefficients in Figure 4 were spatially compared to histological sections. Due to their strong 

correlation with the viable tumor fractions, these parameters were considered the strongest 

predictors for tissue viability. Figure 5 shows the NADH-diaphorase stained sections with the 

matching AUC and Ktrans maps at 24 h after PDT of a fully and partially treated tumor. For the 

fully treated tumor, as seen before, there was little or no DCE-MRI contrast enhancement in 

most of the tumor sections except, in this specific case, for 3 slices in the proximal part of the 

tumor (Figure 5a). The corresponding NADH-diaphorase stainings of the tumor indeed 

revealed residual viable tissue in these same slices. The partially treated tumor in Figure 5b 

contained more viable regions, and showed much more enhancement and larger Ktrans values. 

Most viable tissue parts visually corresponded to regions having significant AUC, but some 

non-viable regions also showed considerable enhancement. The Ktrans maps, on the other 

hand, showed visual spatial similarity with the viability stained sections. 

 



To further quantify the spatial correspondence between DCE-MRI parameters and tissue 

viability status, a simple spatial registration of the histology slides to the MR slice stack was 

applied. After registration, the average fraction of MR tumor mask pixels that did not overlap 

with the histology tumor masks was 26.8 ± 8.2%, while the non-overlapping pixel fraction of 

the histology masks was 14.0 ± 8.0% (mean ± standard deviation for all treated animals). 

Next, a coarse spatial subdivision of the tumors into 2x2x2 octants was made, and pixel 

fractions and averages of DCE-MRI parameters were calculated within each octant. The 

pooled data of all octants of all treated mice are shown in Figure 6. The examined parameters 

are the same as in Figure 4. Statistically significant correlations were found for all 

parameters. Both right after PDT and 24 h after PDT, strong correlations were observed for 

the average Ktrans and the fraction with Ktrans > 0.05 min-1. Comparison of the average Ktrans and 

the fraction with Ktrans > 0.05 min-1 with the viable fraction in each octant resulted in the 

highest correlation coefficient (ρ = 0.89). Besides, a very strong correlation was seen for the 

enhanced fraction at 24 h after PDT (ρ = 0.85). 





Finally, to assess whether tumor Ktrans has predictive value for post-treatment viability and 

recurrence, 3D tumor viability detection maps were constructed based on Ktrans 

measurements obtained at 24 h after PDT, and compared to actual development of tumor 

status at one week after PDT in 3 animals (Figure 7). The detection maps were calculated by 

applying a threshold of 0.05 min-1 to Ktrans, and rendered in 3D for the entire tumor. Tumor 

regions with sub-threshold Ktrans were colored green, while regions with Ktrans > 0.05 min-1 

were colored red, indicating that they were suspected to be viable. For the first mouse (Figure 

7a & d), no tumor recurrence was observed, which was consistent with the fact that Ktrans 

values were below the threshold in the whole tumor. In the prediction maps of the other two 

animals, one or two regions were classified as viable. Indeed, recurring tumor growth was 

observed at 1 week after PDT at the locations where residual viable tissue was detected. 

 

 
The feasibility of detecting residual viable tissue after PDT using DCE-MRI was studied in a 

mouse tumor model. The use of DCE-MRI was motivated by the fact that PDT induces vascular 

shutdown, which can be visualized and quantified by this imaging modality. We therefore 

hypothesized that it should be possible to non-invasively assess treatment efficacy, detect 

remaining viable tumor tissue, and even predict tumor recurrence with DCE-MRI. A strong 



spatial similarity was found between viability stained histological sections versus maps of 

AUC and Ktrans, reflecting the degrees of contrast agent uptake and blood perfusion, 

respectively. The spatial similarity was established by visual comparison of histological and 

DCE-MRI-derived parameter maps, and further quantified by comparing both forms of data in 

a spatially resolved grid, after registration. Good correlations were found between the viable 

tumor fraction versus the average AUC and Ktrans, and versus the tumor fractions with 

contrast enhancement or Ktrans above a selected threshold value. AUC and Ktrans values right 

after and 24 h after PDT indicated the presence of viable tumor regions with (partially) 

functional blood supply, while non-viable tissue was mostly non-perfused. 

Our primary finding is that maps of Ktrans at 24 h after PDT can be used to detect the presence 

of non-successfully treated tumor tissue. Three-dimensional detection maps of areas with 

remaining viable tissue were constructed for 3 treated mice, based on a threshold of 0.05 min-

1 on Ktrans.  In these 3 mice, detection of residual viable tumor tissue at 24 h after PDT 

correctly predicted the presence and the location of tumor recurrence observed visually after 

1 week. These findings suggest that DCE-MRI has excellent potential to predict tumor 

recurrence and treatment response following therapy, although further prospective 

evaluation in a larger group of animals is required. Ultimately, it could serve in a personalized 

treatment setting to decide if patients should receive further treatment. 

Although (D)CE-MRI has been used before to assess PDT outcome, this is to the best of our 

knowledge the first study in which a rigorous comparison between contrast enhancement 

and vascular parameters versus histological tissue status is performed, with a specific focus 

on the spatial correspondence. Beyond PDT, vascular-targeted therapies in general form an 

important class among cancer treatments [29], and ablation therapies such as thermal or 

cryo-ablation lead to strongly impaired tumor perfusion as well. For these non-PDT therapies, 

the use of DCE-MRI is more established [28,30], and the PDT field could benefit from these 

disciplines.  

Zilberstein et al. have previously used DCE-MRI for the assessment of tumor response to PDT 

[19]. Besides a complete loss of contrast enhancement after 24 h similar to our findings, they 

measured an initial increase in vascular permeability at 1 h after treatment, which was not 

observed in this study. Huang et al. [31] showed that CE-MRI at 2 and 7 days gave superior 

delineation of the necrotic zone in PDT-treated canine prostates, compared to T2-weighted or 

diffusion weighted imaging. However, the predictive value with respect to treatment outcome 

was not assessed. Others have characterized the response of pancreatic and prostate tumors 

to PDT on CE-MRI, but also without specific attention to the correlation with tumor 

recurrence or long-term treatment results [31–33]. 

An interesting approach that deserves further investigation is the work of Gross et al. [34], 

who measured changes in the endogenous Blood Oxygenation Level Dependent contrast of 

tumors during PDT. They attributed these changes to photochemical oxygen consumption, 

together with hemodynamic effects resulting from vascular occlusion. This technique could 

be employed for interactive guidance during PDT. Mallidi et al. have performed a study [35] 

using an alternative pre-clinical imaging technique, viz. photoacoustic imaging, to predict 



treatment outcome and tumor recurrence after PDT. They used the blood oxygen saturation 

(StO2) as a prediction biomarker, which is lowered after PDT-induced vascular occlusion. The 

prediction maps showed excellent correlation with actual treatment outcome after 

approximately 3 weeks. A drawback of photoacoustic imaging is that it is not easily translated 

to a clinical setting. Besides, although the prediction maps were presented as 3D data, they 

were constructed from the average StO2 value in every B-scan and should therefore rather be 

considered 1D. 

To provide a quantitative assessment of the spatial correspondence between the DCE-MRI 

parameter maps and histological viability stained sections a simple registration approach was 

devised to transform the complete tumor slice stacks of histological viability images into the 

same coordinate system as the multi-slice MR data. Although the registration included some 

manual steps, a good overlap and shape similarity of the registered tumor contours was 

obtained, despite slight mismatches in tumor orientation and position of the MR slices versus 

cryosections, potential deformations due to differences in hind limb position during the MR 

scan, and artifacts due to freezing and sectioning. The tumors were subsequently subdivided 

in 8 octants, corresponding to different anatomically meaningful locations. Although this 

resulted in a rather coarse spatial resolution, a finer resolution was not appropriate, given the 

complexity of registration. We believe that this yielded accurate and valuable information 

about spatial correspondence, alongside the qualitative visual comparison of multi-slice 

histological and MR data. 

The average tumor Ktrans or the fraction with Ktrans > 0.05 min-1 correlated better to the tumor 

viable fraction than the average AUC or enhanced fraction. The reason is likely that positive 

AUC values are not necessarily indicative of intact micro-vascular perfusion. Considerably 

large regions with positive AUC were observed where the influx rate of contrast agent was so 

slow that enhancement was more likely due to diffusion rather than perfusion. This also 

explains why the enhanced fraction overestimated the viable fraction. On the other hand, a 

non-zero Ktrans indicates a functional blood supply and therefore almost certainly implies 

viable tissue that was not successfully treated. It should be noted however, that regions 

without functional perfusion (Ktrans = 0) in the vicinity of regions with perfusion (non-zero 

Ktrans) may still have access to sufficient oxygen through diffusion. Therefore, such non-

perfused tissues can be viable, but would remain undetected using Ktrans. 

In most treated tumors a rim of viable tumor cells of 100-200 μm width just below the skin 

was observed in NADH-diaphorase stained sections, even though the rest of the tumor was 

largely non-viable. Interestingly, no blood vessels were detected in these borders by 

immunofluorescent staining of CD31 cells, while the treated parts were largely vascularized 

(data not shown). Control tumors also showed absence of CD31 staining in the peripheral 

borders. It is conceivable that these zones were viable because the photosensitizer was not 

able to penetrate into these tissues due to the absence of blood vessels. However, they 

apparently receive enough oxygen to survive, diffusing in from adjacent tissue. This reveals a 

potential pitfall of our treatment evaluation method, which lacked the resolution to in vivo 

detect this small rim of viable tissue. It also highlights the general limitation of vascular-

targeted PDT that it only works for well-perfused tumors. 



The MRI protocol for treatment evaluation presented in this study can be transferred to a 

clinical MRI scanner rather straightforwardly. It could be applied to assure effective outcome 

and to provide a basis for well-directed and timely follow-up treatment if necessary. 

Alternatively, it may be used in a clinical research setting, where predicted treatment 

outcome could serve as an endpoint in trial studies. Finally, preclinical PDT research could 

greatly benefit from this quantitative and early evaluation technique, for example to study the 

efficacy of new photosensitizers or different treatment protocols, or to provide new insights 

in the mechanisms behind PDT. 

 
The relation between tumor tissue viability after PDT and DCE-MRI parameters (AUC, Ktrans, 

and ve) acquired within a day after treatment was extensively investigated. PDT induces 

vascular occlusion, which is manifested in DCE-MRI as a drastic decrease in contrast agent 

uptake and a loss of perfusion (Ktrans = 0). Results demonstrated that histologically 

determined tissue viability response and tumor recurrence could be inferred from the 

changes in contrast enhancement and perfusion parameter maps. Specifically, tumor regions 

with Ktrans > 0.05 min-1 at 24 after PDT showed a strong spatial correspondence with residual 

viable tissue. This study forms an important step towards personalized monitoring of PDT 

outcome, but may also be useful in PDT-related preclinical research. 
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The feasibility and utility of phosphorus magnetic resonance chemical shift imaging (31P MR 

CSI) for spatially resolved evaluation of photodynamic therapy (PDT) were investigated in a 

mouse tumor model. PDT is a cancer treatment based on photochemical tumor ablation upon 

local light irradiation after administration of a photosensitive drug. Non-localized 31P MR 

spectroscopy was previously used to detect global changes in energy metabolic status of 

tumors during and after PDT. However, the tumor response to PDT often contains spatial 

heterogeneity, requiring the use of imaging-based evaluation tools. CSI in a central tumor 

slice was performed before, at approximately 50 min after and at 24 h after PDT and 

compared to viability-stained histology sections and DCE-MRI measurements of 

microvascular status at 24 h after PDT. Additionally, single-voxel tumor measurements were 

acquired using 3D image selected in vivo spectroscopy (ISIS) during and up to 30 min after 

PDT. Both with 3D ISIS and CSI, significant increases were observed in the inorganic 

phosphate (Pi) tumor concentration normalized to the total phosphorus signal (Ptot) right 

after PDT. Besides, CSI revealed decreased levels of adenosine triphosphate (ATP) at 24 h 

after PDT, indicating an impaired energy metabolism. To clearly visualize PDT-induced 

changes in the Pi/Ptot signal ratio right after PDT, Δ(Pi/Ptot) maps were calculated by 

subtraction of the baseline Pi/Ptot map from the one right after PDT. A significant correlation 

was found between tumor averages of Δ(Pi/Ptot) and the histology-determined viable tumor 

fraction at 24 h after PDT (Pearson’s ρ = -0.87, p = 0.023), suggesting that Δ(Pi/Ptot) might 

have predictive value for PDT outcome. Visual comparison between Δ(Pi/Ptot) maps and 

viability-stained histology sections suggested a potential spatial correspondence between 

tumor regions with positive Δ(Pi/Ptot) and non-viable tissue, although further investigation is 

required to establish this. DCE-MRI at 24 h after PDT showed that treated tumors contained 

large non-perfused regions, but no correlation with CSI data could be found. If the signal-to-

noise ratio can be improved, 31P MR CSI is a useful technique that can contribute to our 

understanding of PDT mechanisms and it can be used in optimization of PDT treatment 

protocols in preclinical research. 

  



 
The heterogeneous nature of tumors is one of the complicating factors in the treatment of 

cancer [1,2]. The genetic and phenotypical variability that exists both between and within 

tumors, makes it difficult to devise a ‘one size fits all’ treatment. Indeed, conventional cancer 

therapy often results in tumor recurrence or treatment resistance. Promising developments 

are seen in the field of personalized medicine, in which a tailored treatment plan is designed 

for each individual patient, based on classification of the tumor subtype, genome, or other 

features [3]. However, predicting a tumor’s susceptibility to a certain therapy and selecting 

the optimal treatment remains challenging. Therefore, the need for early evaluation of 

treatment response and the detection of heterogeneities in therapeutic effectiveness is 

irrefutable. Early predictions of treatment success can aid in the subsequent treatment 

design, which can significantly improve the efficacy of the overall disease management [4]. 

Meanwhile, the armamentarium of available cancer therapies is ever growing. Photodynamic 

therapy (PDT) is a treatment modality that has been available for decades, and is clinically 

applied to different cancer types, including skin cancer, head and neck cancer, and esophageal 

cancer [5–7]. Recently, it has attracted attention due to successful clinical trials in the 

treatment of prostate cancer [8]. PDT is a photochemistry-based treatment, in which a light-

activated drug is systemically or topically administered to the patient [9]. The drug, called a 

‘photosensitizer’, only becomes toxic when irradiated with light of the appropriate 

wavelength, allowing localized therapy by selectively illuminating the tissue to be treated. 

For the evaluation of tumor response to vascular targeted PDT, gadolinium-based contrast-

enhanced (CE) MRI has shown to be a promising tool [10,11]. For this form of PDT, the 

mechanism responsible for tumor destruction is vascular occlusion, obstructing the blood 

supply to the tumor. Such micro-vascular occlusions can be excellently visualized with CE-

MRI within hours after treatment. However, not all PDT protocols rely on vascular damage, 

but on direct cellular damage instead. Moreover, contrast-enhanced MRI does not seem 

suitable for longitudinal monitoring during treatment, since this would require multiple 

consecutive contrast bolus injections. Alternatively, the tissue response to PDT has been 

studied using endogenous contrast MRI, for example by means of T2-weighted or diffusion-

weighted imaging [12–14]. However, the effect of treatment on these parameters can only be 

observed after 1 or 2 days at best [11]. 

31P magnetic resonance spectroscopy (MRS) has been shown to be an interesting candidate 

for evaluation of PDT, enabling dynamic detection of changes in phosphorus metabolite 

concentrations within minutes after treatment [15,16]. In fact, 31P MRS is one of the few non-

invasive techniques that allows detection of tissue changes even during photosensitizer 

activation with light, suggesting that it could be used for online monitoring of PDT. The 

observed high energy phosphates reflect the energy metabolic status of the tissue, which 

immediately declines when PDT-induced cell damage occurs. However, most of the 31P MRS 

research related to PDT originates from the late 80s and early 90s and relied on tumor 

measurements based on surface coil localization, which is rather crude resulting in signal 



contamination from surrounding, non-tumorous tissue. Moreover, to study heterogeneous 

tumor response to treatment, imaging based-methods are required. 

In this study, we investigated the feasibility of using 31P MR spectroscopic imaging (MRSI) at 

9.4 T to evaluate early effects of photodynamic therapy on tumor metabolism in a spatially 

resolved manner. The study was performed in a mouse solid tumor model. Single voxel tumor 

MRS using the 3D image-selected in vivo spectroscopy (ISIS) localization approach [17], as 

well as MRSI of a full tumor cross-section using the chemical shift imaging (CSI) method 

[18,19], were performed before PDT, during and directly after PDT, and 24 h after PDT. The 
31P MR measurements were compared to dynamic contrast-enhanced MRI (DCE-MRI) 

measurements using a gadolinium contrast agent 24 h after PDT and to histology-determined 

tissue viability. The here presented 31P MRS methods are based on the detection of 

endogenous metabolites and hold promise for prediction of therapy outcome in a clinical 

setting. Besides, 31P MRS will be valuable in preclinical research related to the mechanisms of 

action of PDT and the optimization of new photosensitizers and more effective treatment 

protocols. 

 

Animal studies were approved by the committee of Animal Research of Maastricht University, 

Maastricht, the Netherlands (protocol: 2014-011). CT26.WT murine colon carcinoma  tumor 

cells (American Type Culture Collection, CRL- 2638) were cultured at 37° C and 5% CO2 as a 

monolayer in RPMI-1640 medium (Invitrogen, Breda, The Netherlands), supplemented with 

50 U/mL penicillin/streptomycin (Lonza Bioscience, Basel, Switzerland) and 10% fetal 

bovine serum (Greiner Bio-One, Alphen a/d Rijn, The Netherlands). Tumors were grown on 

the right hind limb of male Balb/C mice rats (Charles River, age 10-12 weeks), by 

subcutaneous injection of 106 CT26.WT cells. The tumor size was monitored by caliper 

measurements every 2 or 3 days. Experiments were performed when the tumors reached a 

pre-defined target volume of 300 mm3, measured with a caliper. In retrospect, the MRI-

determined group-averaged tumor volume was 324 ± 178 mm3. 

All animals (n = 8) underwent MRI experiments on two consecutive days, as soon as the 

appropriate tumor volume was reached. For PDT treated animals (n = 5), PDT took place on 

the first experiment day. Control animals (n = 3) underwent the same protocol, but received 

no photosensitizer and no light treatment. 3D ISIS scans of 20 min each were performed just 

before PDT, from the start of PDT until 10 min after the end (henceforth referred to as 

“during PDT”), from 10 to 30 min post PDT (referred to as “right after PDT”), as well as 24 h 

post PDT. CSI scans were acquired before the first and after the last 3D ISIS scan on the first 

day (referred to as “right after PDT”), and also at one day after PDT. DCE-MRI was performed 

as the final scan on the second day, preceded by a pre-contrast T1 map. After the final 

experiment, animals were sacrificed by cervical dislocation, and tumors were excised for 

histological analysis. 



The photosensitizer Bremachlorin (Radapharma B.V., Steenbergen, The Netherlands) was 

injected 6 h before light treatment. Bremachlorin is a mixture of chlorophyll a derivatives in 

0.35% aqueous solution, with chlorin e6 as its main component. A dose of 20 mg/kg 

bodyweight Bremachlorin was administered via the tail vein, while the animal was under 

brief anesthesia. A custom-built setup was used to perform PDT inside the bore of the MRI 

scanner (Figure 1). The setup enabled delivery of a collimated light beam with adjustable 

diameter to the tumor, while simultaneously performing MR acquisitions. Light was delivered 

into the MRI through an optical fiber, connected to a 655 nm diode laser (WSLB-650-002-H, 

Wavespectrum, Beijing, China). The tumor-bearing hind limb was shaved and gently fixed in a 

stretched position, with the tumor underneath a 31P surface coil. To prevent light from 

entering the surrounding tissue, a black paper mask was placed around the tumor. Before the 

start of the experiment, the beam power was calibrated with an optical power meter. The 

complete tumor was irradiated for 10 min with a light beam of 200 mW/cm2, resulting in a 

total light energy fluence of 120 J/cm2. Preventive analgesia was administered 30 min before 

treatment and once every 12 h afterwards, by a subcutaneous injection of 0.05 mg/kg 

buprenorphine. 

 

MR measurements were performed with a 9.4 T small animal MR scanner (Bruker, Ettlingen, 

Germany). A 54 mm double-tuned 1H quadrature and linear 31P birdcage coil (Rapid 

Biomedical, Rimpar, Germany) was used for 1H and 31P radiofrequency signal transmission, 



and 1H reception. Reception of 31P signals was performed with a home-built, actively 

decoupled, two-turn surface coil with a diameter of 15 mm. 

Animals were anesthetized using isoflurane (3.5% for induction, 1-2% for maintenance) in 

medical air at a flow rate of 0.4 L/min. During the measurements, isoflurane was supplied 

through a customized anesthesia mask, and respiration rate was monitored using a pressure 

balloon. Body temperature was monitored with a rectal probe, and maintained at 36–37 °C 

with a heating pad. 

On both experiment days, T2-weighted multi-slice spin-echo images were first acquired, 

which served as anatomical reference images. Eighteen transverse slices were scanned, 

covering the entire tumor volume. The following scan settings were used: repetition time 

(TR) = 1000 ms, echo time (TE) = 30 ms, matrix = 128x128, field of view (FOV) = 48x48 mm2, 

slice thickness = 1.0 mm, slice gap = 0.1 mm, 2:08 min scan time. 

A built-in spherical 15 mM phosphoric acid phantom was temporarily inserted into the 

sensitive region of the surface coil, in order to calibrate the excitation pulse power of the 31P 

transmission channel. Calibration was performed by maximizing the received signal 

amplitude in response to a 1.2 ms sinc-shaped pulse with variable power.  

Single voxel 31P spectra were acquired using the 3D Image Selected In vivo Spectroscopy 

(ISIS) sequence, with the following settings: 6.25 ms adiabatic hyperbolic secant inversion 

pulses, 1.2 ms sinc excitation pulse, flip angle (FA) = 90°, TR = 2 s, spectral bandwidth = 30.9 

ppm, number of averages (NA) = 76, 20 min scan time. The voxel position and orientation 

were selected to obtain the largest possible voxel volume within the tumor. Voxel volumes 

ranged between 36 and 336 mm3. Automatic first-order shimming was performed prior to 

the 3D ISIS scans, based on iterative minimization of the line width of the water peak, 

acquired with 1H MRS using Point Resolved Spectral Spectroscopy (PRESS) localization in the 

same voxel. 

31P Chemical Shift Imaging (CSI) was performed in a central transverse tumor slice with a 

FOV enclosing the whole hind limb. Parameters settings were: 1.2 ms sinc pulse, FA = 35°, TR 

= 366 ms, spectral bandwidth = 30.9 ppm, slice thickness = 5 mm, FOV = 24x24 mm2, 

acquisition matrix = 8x8, Hanning-weighted k-space filling, total reconstruction matrix = 

13x13, NA = 148, 40 min scan time. Shimming was first performed in the same manner as for 

the 3D ISIS scans, but localized to a 6 mm slab enclosing the CSI slice. 

Maps of the spin-lattice relaxation time T1 of protons were acquired with a variable flip angle 

approach [20] using a 3D FLASH sequence. The FOV was the same as for the CSI scan. 

Sequence parameters were: TR = 20 ms, TE = 3.1 ms, 7 flip angles (FA = 2°, 3°, 5°, 7°, 10°, 13°, 

20°), NA = 2, matrix = 64x64x21, FOV = 24x24x23.1 mm3. Finally, DCE-MRI was performed 

using the same 3D FLASH sequence with a fixed flip angle, and the following parameters: TR = 

3.74 ms, TE = 1.83 ms, FA = 5°, acquisition matrix = 48x36x17, reconstruction matrix 

64x64x21. The DCE-MRI sequence was repeated for 15 min, enabling dynamic visualization 

of the influx and washout of contrast agent in the tumor with a temporal resolution of 2.58 s. 



Two min after the start of the scan the contrast agent (Dotarem, Guerbet, France, 0.3 mmol 

Gd/kg body weight) and a subsequent saline flush were injected into the tail vein in 5 s using 

a syringe pump. 

For the single-voxel 3D ISIS spectra and the spectral data of each individual CSI voxel, 

metabolite signals were fitted in the time domain using AMARES in jMRUI [21]. The γ-ATP 

resonance was used as an internal chemical shift reference at 0.0 ppm. The γ- and α-ATP 

peaks at 0.0 and -5.03 ppm, respectively, were fitted as doublets with a J-coupling constant of 

17 Hz, and equal amplitudes and line widths within each doublet. The amplitude of α-ATP 

was constrained to be 1.12-fold larger than the γ-ATP peak, based on the expected relative 

effect of magnetization saturation on both peaks, using previously determined T1 values 

obtained in cardiac muscle [22]. The β-ATP resonance at -13.33 ppm was fitted as a triplet 

with amplitude ratios 1:2:1 and equal line widths. Furthermore, phosphomonoester (PME), 

inorganic phosphate (Pi), phosphocreatine (PCr) and nicotinamide adenine dinucleotide 

(NAD) resonances were fitted as singlets at 9.37, 7.49, 2.47, and -5.81 ppm, respectively. 

Lorentzian line shapes were assumed for all peaks, except Pi and PME, which were assumed 

to have a Gaussian line shape. The phase was constrained to be equal for all resonances and a 

first-order phase correction was applied. For displaying purposes, a 70 Hz apodization filter 

was applied, and the absolute magnitude spectra are shown throughout this article. 

In the further analysis of the 3D ISIS and CSI data, the peak amplitudes of Pi and γ-ATP were 

normalized to the total detected phosphorus content Ptotal, defined as the sum of all fitted 

peak amplitudes. The amplitude of γ-ATP was reported as a representative value for the 

overall ATP content, since it reflects the same information as the α-ATP amplitude due to the 

mutual constraint on both amplitudes. The amplitude of the β-ATP resonance was considered 

potentially unreliable since it was at the edge of the excitation bandwidth. For the CSI data, 

the parameter Δ(Pi/Ptotal) was defined as the voxel-per-voxel subtraction of Pi/Ptotal at baseline 

from Pi/Ptotal right after PDT. The parameter was not calculated at 24 h after PDT, because this 

would require a complicated registration procedure with respect to the CSI data of the 

treatment day. 

All image analysis was performed in Matlab R2016a using home-made scripts. Based on the 

T2-weighted anatomical reference images, manual tumor segmentation was performed. 

Tumor tissue was hyper-intense compared to the surrounding muscle tissue. Care was taken 

to exclude edema, which appeared even brighter, from the tumor regions of interest. CSI-

based metabolite maps were generated from the spectral fitting results obtained in jMRUI 

and imported into Matlab. T1 maps were calculated by fitting signal intensity as a function of 

the flip angle to the signal equation for a spoiled gradient echo sequence: S          

                                      . From the DCE-MRI data, the dynamic 

changes in the longitudinal relaxation rate R1(t) = 1/T1(t) as a result of contrast agent uptake 

were determined. R1(t)  was calculated using the dynamic signal intensity S(t), the pre-

contrast relaxation rate R1,pre(t) = 1/T1,pre(t), the average signal intensity Spre before contrast 



injection, and solving the spoiled gradient echo signal equation mentioned above. From  the 

dynamic relaxation rate R1(t) and the relaxivity of the contrast agent at 9.4 T (r1 = 3.1 mM-1 s-

1) [23], the contrast agent concentration as a function of time C(t) could be obtained, using 

R1(t) = R1,pre + r1*C(t). Pixels were classified as ‘enhanced’ when the median of C(t) after 

injection of the contrast agent was twice as large as the standard deviation of C(t) before 

injection. Besides, the area under the curve (AUC) of C(t) was used as a general measure for 

contrast agent uptake. 

Immediately after the animals were sacrificed at the end of the MR experiments, tumors were 

excised and marked with colored dye lines, to enable reconstruction of their orientation 

within the hind limb later on. The tumors were then snap-frozen in ice-cold isopentane, and 

stored at -80 °C. Later, tumors were cut into 8 μm sections using a cryotome. Using the 

colored dye fiducial lines on the tumor, sections were cut in the transversal plane. Sections 

were obtained at a central depth within the tumor, in approximately the same plane as the 

CSI slice. The cryo-sections were briefly air-dried and subsequently stained for reduced 

nicotinamide adenine dinucleotide (NADH) diaphorase activity as a surrogate marker for cell 

viability. Sections were incubated at 37 °C for 1 h in Gomori-Tris-HCl buffer (pH 7.4) 

containing 0.29 mg/mL nitro blue tetrazolium (Sigma-Aldrich, St. Louis, MO) and 0.71 mg/mL 

β-NAD reduced disodium salt hydrate (Sigma-Aldrich). NADH sections were manually 

segmented into viable and non-viable tumor tissue, and the viable tumor fraction was 

calculated. NADH diaphorase staining was previously used for viability assessment in PDT 

treated tumor tissue, and showed good agreement with tissue status derived from H&E 

sections [11]. 

Statistical analyses were performed with IBM SPSS Statistics 22.  Unless otherwise specified, 

data are reported as mean ± standard deviation. The effect of PDT on various parameters was 

compared using repeated measures analysis of variance (ANOVA) with Bonferroni post-hoc 

tests, after verification of the sphericity assumption using Mauchly’s test and homogeneity of 

variances using Levene’s test. For parameters that were measured only at a single time point, 

the effect of treatment was assessed using a t-test. Statistical test results were considered 

significant if the p value was less than 0.05.  

 
Baseline 3D ISIS tumor spectra contained a distinct Pi peak (Figure 2:a & b). PME and γ-, α-, 

and β-ATP could generally also be distinguished, but with a lower signal-to-noise ratio. The 

amplitude ratio between γ-ATP and Pi at baseline was quite variable between tumors, ranging 

from 0.22 to 4.9. While the spectrum of the control tumor in Figure 2a remained similar over 

time, for the PDT treated tumor in Figure 2b, a clear increase was observed for the Pi 

amplitude within 20 minutes after treatment. This was in line with the observed increase in 

the average Pi/Ptotal amplitude ratio for all treated tumors, which started even during PDT 

(Figure 2c). A significant effect (p = 0.033) of treatment was found on Pi/Ptotal, when 

conducting a mixed ANOVA to investigate the influence of the factors time and treatment. 



During treatment and at 24 h after treatment, PDT resulted in a statistically significant 

increase in Pi/Ptotal at 24 h after treatment compared to controls (p = 0.036 and p = 0.031, 

respectively). Although the average γ-ATP/Ptotal appeared to be lower at 24 h post PDT 

(Figure 2d), no statistically significant effects of treatment were found for the γ-ATP/Ptotal 

levels. 

 

CSI-derived metabolite maps allowed clear spatial and spectral distinction between muscle 

and tumor tissue (Figure 3). An excellent spatial agreement was observed between PCr-rich 

regions and Pi-rich regions in the CSI metabolite maps, versus muscle and tumor tissue in the 

anatomical reference image, respectively. Tumor voxel spectra showed similar features as the 



3D ISIS spectra: a clearly detectable Pi peak, in addition to less strong ATP peaks and 

sometimes PME. In muscle spectra, PCr was the most prominent peak, beside three ATP 

peaks and sometimes a small Pi peak. In general, the signal-to-noise ratio of PCr and ATP was 

higher in muscle than that of Pi and ATP in tumor tissue. 

 

Figure 4 shows maps of Pi/Ptotal at all time points for a control animal and a PDT treated 

animal.  Additionally, the third column shows the increase Δ(Pi/Ptotal) right after PDT, 

compared to baseline. The control tumor showed stable behavior of the Pi/Ptotal ratio over all 

time points, which was representative for all controls. In contrast, the treated tumor showed 

elevated Pi/Ptotal levels right after PDT in most voxels. One day later, Pi/Ptotal had increased 

further and was rather homogeneous throughout the tumor. In some other treated tumors, 



the response was more heterogeneous. Maps of γ-ATP were also considered, but due to the 

low SNR and the inter-tumor variability of the ATP signal strength, it was very difficult to 

observe a trend in these maps after PDT. 

 

From the CSI metabolite maps, the mean tumor Pi/Ptotal and γ-ATP/Ptotal were calculated for 

each time point (Figure 5a & b). Moreover, the mean tumor Δ(Pi/Ptotal) right after PDT was 

calculated, by averaging the change in Pi/Ptotal right after PDT compared to baseline over all 

tumor voxels (Figure 5c). Using a mixed ANOVA, it was found that there was a significant 

interaction effect of both PDT and time on Pi/Ptotal (p = 0.020) and a significant main effect of 

treatment on γ-ATP/Ptotal (p = 0.0084). Within the treated tumor group, Pi/Ptotal increased 

significantly at 24 h after PDT (p = 0.013) compared to baseline. Furthermore γ-ATP/Ptotal 

was significantly lower at 24 h for treated versus control animals (p = 0.0049). Pi/Ptotal was 

increased both right after PDT and at 24 h post PDT for treated animals compared to controls 

(p = 0.0027 and p = 0.0014, respectively). A positive average change Δ(Pi/Ptotal) = 0.14 right 

after PDT was found for treated animals, which was much larger but not statistically different 

(p = 0.114) from the very small change Δ(Pi/Ptotal) = -0.001 in controls based on a t-test. 



 

The different energy metabolism profiles of treated versus control tumors reflected by the 31P 

spectral dissimilarities were in line with the viability status of the tumors, as determined by 

NADH diaphorase tissue staining. The average viable fraction of tumors which were excised 

at 24 h post PDT was 32 ± 13% for treated tumors, which was significantly lower (p = 0.045) 

than for the control group: 72 ± 26%. 

At 24 h after PDT, the vascular status of the tumors was assessed with DCE-MRI. On average, 

the non-enhanced fraction for treated animals was 55 ± 16%, and 36 ± 14% for controls. 

However, a t-test did not reveal a significant difference between the two groups (p = 0.15). 

DCE-MRI data was available for only 2 control animals, since the contrast injection failed for 

the third animal. Moreover, the DCE-MRI data of one treated mouse was excluded from 

analysis since it contained severe motion artifacts.  

Finally, the Δ(Pi/Ptotal) maps acquired right after PDT were compared to contrast agent AUC 

maps and NADH diaphorase viability stained tumor sections (Figure 6), both obtained at 24 h 

post PDT. The control tumor in column (a) was almost completely viable, with only a few 

small non-viable patches in the NADH diaphorase section. In only one voxel, a significant 

Δ(Pi/Ptotal) was found, while the AUC map contained a small non-enhanced region (AUC ≈ 0), 

but in a different part of the tumor. Of the PDT treated tumors (b) and (c) in Figure 6, roughly 

one third and the whole tumor was non-viable, respectively. They also displayed a 

correspondingly large tumor region with strongly positive Δ(Pi/Ptotal). For tumor (b), the non-

viable region indicated by the arrow in the histology image coincided with the region with 

positive Δ(Pi/Ptotal), marked by the white arrow. On the other hand, the AUC maps of (b) and 

(c) showed no correspondence between enhancement and viability or enhancement and 

Δ(Pi/Ptotal), since most of the pixels of (b) and less than half of the pixels of (c) were non-

enhanced. In general, the examples show a spatial agreement between CSI data and viability 

stained sections, and a lack of spatial agreement with the AUC data. Similar observations were 

made for most other tumors. 



 

To investigate the potential of predicting tissue viability using 31P MR, the correlation 

between 3D ISIS results (Pi/Ptotal at all time points) and CSI tumor average results (Pi/Ptotal at 

all time points and Δ(Pi/Ptotal)) were assessed, compared to the viable tumor fractions. For 

Pi/Ptotal measured with 3D ISIS, no correlation was found at any of the time points. Moreover, 

the viable tumor fraction did not significantly correlate to the Pi/Ptotal tumor average 

measured with CSI right after PDT (ρ = -0.80, p = 0.058), nor at 24 h after PDT (ρ = -0.68, p = 

0.14). In contrast, the average Δ(Pi/Ptotal) within the tumor, as measured with CSI, showed a 

significant correlation (Figure 7). 



 

While a relationship between CSI data and tumor viability was found, this was not the case for 

the DCE-MRI data. The non-enhanced tumor fraction did not show a significant correlation 

with the viable tumor fraction (ρ = -0.57, p = 0.32). It should be noted, however, that only n = 

6 tumors could be used for these comparisons, due to missing DCE-MRI data of two animals. 

Interestingly, none of the 3D ISIS or CSI-based parameters correlated significantly with the 

non-enhanced fraction. At 24 h after PDT, the tissue fraction with contrast enhancement in 

each CSI voxel in the tumor was compared to Pi/Ptotal and γ-ATP/Ptotal of the corresponding 

voxels, and the data of all tumor voxels of all mice were pooled. The correlation between the 

enhanced voxel fraction and Pi/Ptotal was weak (Pearson’s ρ = -0.29, p = 0.0012) but 

statistically significant. No significant correlation was found between γ-ATP/Ptotal and the 

enhanced fraction. 

Average effects of PDT on muscle tissue were also investigated using mixed ANOVAs, but for 

none of the parameters γ-ATP/Ptotal, PCr/Ptotal or Pi/Ptotal, significant effects of treatment were 

found. In line with this, there was no indication that the muscle perfusion was affected by 

PDT, based on DCE-MRI data. Contrast enhancement was seen in 98.8 ± 1.5% and 97.0 ± 2.9% 

of the muscle pixels of treated and control animals, respectively, within the same imaging 

slice as the CSI measurement. 

 
In this study, the feasibility of using 31P MRSI using the CSI method for the evaluation of PDT 

was investigated in a mouse tumor model. It was hypothesized that CSI could be used to 

provide spatially resolved detection of heterogeneities in tumor response to PDT. Light 

irradiation of the tumors was performed while the animals were in the bore of the scanner, 

allowing detection of changes in the phosphorus metabolism during and immediately after 

PDT. CSI metabolite maps at different time points were compared with DCE-MRI data and 

viability-stained histology sections obtained 24 h after PDT. First, it was shown using 3D ISIS 

single voxel tumor measurements, that PDT induced a consistent increase in the Pi/Ptotal ratio 

and in most cases a concomitant decrease in γ-ATP/Ptotal, indicating a decline in energy 



metabolic status. Next, the ability of the CSI technique to spatially distinguish tissues with 

different 31P spectral content (tumor vs. muscle) was demonstrated, by comparing CSI 

metabolite maps to 1H MRI anatomical reference images. Similar to the findings of the 3D ISIS 

measurements, the tumor averaged γ-ATP/Ptotal ratio decreased after PDT, while Pi/Ptotal 

increased right after PDT, and even further at 24 h post PDT. Despite the significant increases 

of Pi/Ptotal after PDT, spatial recognition of successfully treated tumor tissue based on 

absolute Pi/Ptotal values was not possible either right after or 24 h after PDT, since this 

parameter displayed a large variability in both untreated and treated tumor tissue. Therefore, 

voxel-wise increases Δ(Pi/Ptotal) were considered, by subtracting the baseline Pi/Ptotal map 

from the map right after PDT. Maps of Δ(Pi/Ptotal) showed good spatial correspondence with 

viability stained sections in approximately the same tumor cross-section. Additionally, the 

average tumor Δ(Pi/Ptotal) had a statistically significant correlation with the average viable 

tumor fraction. Therefore, CSI seems to be a promising technique for predicting tumor 

response to PDT.  

The biological response to PDT has been thoroughly studied, and is known to be a 

combination of direct cellular effects and vascular effects [24,25], resulting in either 

apoptosis or necrosis. The mode of tumor destruction depends on the (sub-)cellular 

localization of the photosensitizer at the time of light irradiation, the dose of both light and 

drug, and the availability of tissue oxygen. Since mitochondria are a known target of many 

photosensitizers, PDT can inhibit oxidative phosphorylation, resulting in reduced adenosine 

triphosphate (ATP) production [26]. At the same time, sustained consumption of ATP by the 

dying cell results in accumulation of inorganic phosphate as its end product. The decrease in 

ATP levels and increase in Pi observed in this study therefore suggest a severely impaired 

tumor energetic status. Alternatively, if the photosensitizer is localized in the blood or the 

endothelial vessel lining, PDT can induce vascular occlusion, as a result of platelet 

accumulation and vasoconstriction in response to endothelial damage [27]. Cutting off the 

blood supply to the tumor indirectly leads to a similar response in terms of phosphorus 

metabolism, since the oxidative production of ATP will cease. Although 31P MR measurements 

alone are not sufficient to determine the cause of tumor damage, they provide an excellent 

window into the actual treatment effect, which is directly displayed by the energy metabolic 

status. In order to identify the responsible mechanism(s) for tissue damage, however, 

combined experiments are required in which the vascular status is also recorded. For 

example, Bremner et al. [28] have shown, using interleaved 31P MRS measurements of tumor 

Pi and 2H MR measurements of injected deuterium uptake in the tumor, that the vascular 

response lagged the metabolic response for the tumor model and treatment protocol they 

used. This suggested that tumor cell death was not purely induced by vascular shutdown. 

Although the use of 31P MRS for studying PDT effects on tumor metabolism has been reported 

as early as 1986 by Ceckler et al. [15], the key innovative point in this study is the ability to 

obtain spatially resolved spectral information, allowing visualization of heterogeneities in 

tumor response. In almost all previous literature, only global tumor changes were measured 

using passive localization, based on the sensitivity profile of the surface coil, or by blocking 

undesired signals by shielding non-tumor tissue with copper foil. Almost all authors reported 



changes in the tumor ATP or Pi signal amplitudes or decreases in the ratio of ATP/Pi [29], 

similar to our observations. Some authors also reported decreases in pH, based on a change 

in the chemical shift of the Pi resonance, compared to a reference peak, e.g. the proton 

resonance of water [30,31]. Matiello et al. [31] showed that dynamic changes in tumor energy 

metabolic status could be detected even during PDT, which was the case in some of our 

tumors as well. The increase in Pi or the decrease in ATP/Pi was shown to be dependent on 

light fluence and photosensitizer dose [32], and for some treatment protocols the effects were 

partially reversible after approximately 24 h [30]. In agreement with the correlation between 

Pi/Ptotal right after PDT and the viable tumor fraction after 24 h observed in this study, 

Nishiwaki et al. showed that the ratio β-ATP/Pi at 24 h post PDT could be used to predict 

complete or partial tumor response in solid tumors in mice [33]. To our knowledge, the only 

report of the use of quasi-spatially resolved measurements was by Ceckler et al. [34], who 

used slice-encoded excitation to perform measurements in slices at different depths in the 

tumor. They reported a stronger metabolic effect of PDT in the superficial tumor region, 

compared to the tumor base, likely due to differences in light penetration. 

In contrast with our findings in Chapter 3 on the evaluation of tumor response to PDT using 

DCE-MRI, the non-enhanced fraction was not associated with tumor viability. Although this 

was a striking result, we do not infer that these data contradict the results from Chapter 3, 

since the number of animals with useable DCE-MRI data in the current study was rather 

limited (n = 6). Besides, the quality of the DCE-MRI data in this study appeared to be lower 

than those reported in Chapter 3, probably due to the use of an MR coil not specifically 

dedicated to proton measurements, as well as the absence of a susceptibility-matching 

medium to avoid artifacts related to field heterogeneity at air-tissue interfaces. Moreover, 

much more effort was taken in Chapter 3, to spatially match the DCE-MRI slices with the 

histology sections. Another interesting point was that the DCE-MRI data were not correlated 

to the 31P MR data. While this may again be the result of a lack of statistical power, it is also 

possible that the CSI measurements give complementary information to the DCE-MRI data. 

For example, absence of blood perfusion does not necessarily imply that tumor tissue 

becomes non-viable. Although DCE-MRI has much better spatial resolution and SNR, 31P CSI 

provides valuable information, because it gives a direct assessment of tissue status, while 

DCE-MRI only informs indirectly about tissue status through visualization of the micro-

vasculature. 

The SNR of the 3D ISIS 31P NMR spectra was expected to be higher compared to the previous 

studies from the nineties, because of developments in gradient and RF coil design since then 

and the higher magnetic field strength used in the current study. Nevertheless, the SNR 

appeared to be lower than most studies reported in literature. For many tumors, proper 

detection of the ATP peaks was impossible. This may have been due to differences in the 

metabolic profile of the CT26.WT tumor model. Additionally, lower SNR was likely due to the 

smaller sampling volume in our localized measurements, compared to the non-localized 

measurements in previous studies. However, the advantage of localized measurements is that 

tumor tissue can be measured selectively. A phosphocreatine peak was sometimes observed 



in previous studies with non-localized measurements, indicating contamination of the tumor 

spectrum with signals from muscle tissue [15]. 

To compensate for the spatially heterogeneous sensitivity profile of the surface coil and 

possible inter-tumor variability in metabolite concentrations, we chose to normalize the 

individual peak amplitudes with respect to the total sum of amplitudes of detected peaks.  

However, due to limited SNR, Pi often was almost the only detectable metabolite. As a result, 

an increase in Pi did not always result in an increase in Pi/Ptotal, which could give the incorrect 

impression that Pi did not change after PDT. Therefore, the normalization approach calls for 

improvement. 

 
The feasibility of using 31P MR CSI during and after PDT of tumors was investigated, using 

reductions in energy metabolism as a biomarker for treatment success. First, it was validated 

using 3D ISIS single-voxel localized MR spectroscopy that impairments in tumor energy 

metabolism could be detected as early as 20 min after PDT in our mouse tumor model. Next, 

it was demonstrated that 31P CSI allowed for detection of spatial heterogeneity in treatment 

response, based on increases in the amplitude of the Pi resonance. In most animals, a spatial 

similarity was observed between maps of Δ(Pi/Ptotal) acquired right after PDT and viability-

stained histology sections obtained at 24 h after PDT. Moreover, a negative correlation was 

found between tumor averages of Δ(Pi/Ptotal) and the tumor viable fraction, while the 

enhanced tumor fraction measured with DCE-MRI was not correlated with the viable fraction. 

The ability to follow heterogeneous degrees of metabolic changes may provide a means to 

evaluate the local treatment success in different regions of the tumor, which could be used to 

predict tumor recurrence. This 31P MRSI method may therefore be clinically useful for early 

prediction of treatment outcome, but can also be valuable for mechanistic PDT research and 

optimization of PDT drugs or treatment protocols. To date, this is the first report of 2D 

spatially resolved 31P MR of tumor response to PDT.  
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The efficacy and tumor-specificity of a novel tumor-targeted photosensitizer conjugate for 

photodynamic therapy (PDT) was studied in a mouse tumor model using dynamic contrast-

enhanced magnetic resonance imaging (DCE-MRI). PDT is a photochemistry-based cancer 

treatment that induces cell death through local light activation of a photosensitizer. Recently, 

conjugates of a photosensitizer with a nanobody (the smallest functional antigen binding unit 

of an antibody) targeted to epidermal growth factor receptors (EGFR) were introduced for 

PDT with enhanced specificity towards epithelial cancers, which often overexpress EGFR. 

Because vascular occlusion is one of the hallmarks in the response to PDT, DCE-MRI 

measurements of the microvascular status of the tumor and surrounding muscle were used to 

assess the efficacy and selectivity of this PDT approach. PDT with the EGFR-targeted 

nanobody-photosensitizer conjugate (7D12-PS) was compared to untreated controls and to 

PDT with a non-targeted control nanobody-photosensitizer conjugate (R2-PS). Tumor 

necrosis at 24 h post PDT was assessed by H&E stained histological tumor sections and 

vascular status was further analyzed using CD31 endothelial cell staining and a fluorescent 

perfusion marker. Directly after PDT with 7D12-PS, significant loss of contrast agent uptake 

was observed in tumors, and 61 ± 21% of the tumor tissue was non-enhanced at 24 h after 

PDT. Significant decreases in Ktrans were observed in the remaining enhanced tumor tissue, 

suggesting impaired microvascular perfusion. Although R2-PS was not expected to 

accumulate in the tumors, animals treated with R2-PS PDT showed similar loss of tumor 

vascular function, but not as dramatic as for 7D12-PS and only in distinct tumor regions. 

Further investigation is required to explain the cause of the large PDT effect with R2-PS. For 

both 7D12-PS and R2-PS, no changes in contrast enhancement or Ktrans were observed in 

muscle tissue. In histological sections of tumors treated with 7D12-PS, a strong correlation (ρ 

= 0.986, p = 4.7*10-9) and spatial agreement were observed between viable and perfused 

tumor fractions, supporting the idea of using DCE-MRI to visualize microvascular shutdown 

as a biomarker for the efficacy of PDT. This study demonstrated that tumor-targeted PDT 

with 7D12-PS is a promising approach that can achieve effective eradication of tumor tissue, 

with reduced side effects and less collateral damage to normal tissue, compared to 

conventional PDT. 

  



 
Photodynamic therapy (PDT) is a treatment modality for cancer [1,2], which relies on photo-

irradiation of tumors after administration and uptake of light-activated drugs in the tumor 

tissue. These drugs, called photosensitizers, are non-toxic in the dark but generate cytotoxic 

reactive oxygen species upon activation with the appropriate light energy. Therefore, PDT can 

be used to perform local ablative treatment of tumors, by selectively illuminating the tumor 

tissue. PDT is routinely used for treatment of malignant and pre-malignant non-melanoma 

skin lesions [3], and successful clinical results have been reported for treatment of prostate 

cancer [4], head and neck cancers [5], and various other cancer types [6]. However, 

widespread adoption is hampered by the fact that most photosensitizers are hydrophobic and 

lack specific uptake in tumor tissue, which can result in skin photosensitivity issues and 

significant damage to vital tissues surrounding the tumor [7]. Therefore, considerable 

research effort is put into the development of strategies that target photosensitizers 

specifically to cancer cells [8,9]. 

A promising approach to achieve targeted delivery of drugs is through the use of monoclonal 

antibodies (mAb) conjugated to photosensitizers, which is termed “photoimmunotherapy” 

[10]. The employed mAbs bind to tumor-specific antigens, resulting in an increased tumor-

selectivity of the PDT treatment. An example is the photosensitizer-conjugated antibody 

cetuximab [11] that binds to epidermal growth factor receptors (EGFR), which are 

overexpressed by many human epithelial cancers [12]. With this conjugate, significantly 

higher photosensitizer uptake and selective tumor eradication was demonstrated in EGFR-

positive tumors in mice, compared to EGFR-negative tumors. However, due to their large size, 

mAbs exhibit limited extravasation and intra-tumoral distribution. Besides, mAbs have slow 

clearance, leading to long-lasting photosensitivity of non-tumor tissues. 

As an alternative, nanobodies have recently been proposed for photoimmunotherapy. 

Nanobodies are single-domain antibody fragments with antigen-binding properties similar to 

mAbs. However, they are much smaller and consequently they penetrate deeper in (tumor) 

tissues and have shorter circulation times. Oliveira et al. demonstrated the potential of a 

fluorophore-labelled nanobody named 7D12 for visualization of tissues with overexpression 

of EGFR [13]. The nanobody was established to be a superior targeting agent compared to the 

EGFR-binding antibody cetuximab, showing higher and faster tumor uptake. In another study, 

the 7D12 nanobody was conjugated to a photosensitizer (IrDye700DX), opening the 

possibility for EGFR-targeted PDT [14]. These nanobody-photosensitizer conjugates (7D12-

PS) were able to induce specific toxicity to EGFR-overexpressing cells in vitro. Subsequently, 

the same group published an in vivo study [15], in which the therapeutic potential of the 

conjugates was demonstrated in an orthotopic tongue tumor model in mice. Extensive PDT-

induced tumor necrosis was observed with the 7D12-PS conjugate, with little damage to 

surrounding tissues, which was a very promising result. However, the treatment protocol 

may be further optimized with respect to dose, time interval between drug administration 

and light treatment, and light energy fluence (J/cm2). Besides, more extensive proof of 

treatment efficacy and tumor specificity is required to establish its potential for clinical 

translation.  



Although the 7D12-PS conjugate was designed to specifically target the cell membrane of 

tumor cells by binding to EGFR, and not the blood vessels, extensive damage to the 

vasculature was reported [15]. Absence of CD31 staining was found in the entire tumor, and 

to a lesser extent also in surrounding tissue near the tumor, while numerous blood vessels 

were stained in controls that received saline instead of the photosensitizer conjugate. It is 

unclear if the damage occurred as a direct result of photodynamic action, or as a side effect of 

tumor necrosis. In any case, the vascular shutdown could possibly be exploited as a 

biomarker for treatment efficacy. 

In this study, the treatment efficacy and tumor specificity of PDT using the 7D12-PS 

nanobody-photosensitizer conjugate were investigated in subcutaneous human oral 

squamous carcinoma tumors in mice, using Dynamic Contrast Enhanced Magnetic Resonance 

Imaging (DCE-MRI). With this technique, the degree of blood perfusion and vessel leakiness 

can be quantified, by measuring the tissue influx and wash-out of a small gadolinium-based 

contrast agent. The extent of vascular damage in tumor tissue and surrounding muscle tissue 

was measured in 7D12-PS treated animals, untreated controls, and in an additional control 

group that received PS-conjugates of the non-target nanobody R2. DCE-MRI results were 

supported by histological analysis of tumors excised at 1 day after PDT. While the use of DCE-

MRI for assessment of PDT efficacy was already demonstrated in Chapter 3 for a different 

tumor model and PDT protocol, further evidence for the broad applicability of DCE-MRI as an 

evaluation tool for PDT is obtained in this study. 

 

The EGRF-binding nanobody 7D12 was previously described by Roovers et al. and by 

Gainkam et al. [16,17]. The R2 nanobody, described by Dolk et al. and Frenken et al. [18,19], 

binds to the azo dye Reactive Red 6 and was used as a control in this study. Both nanobodies 

were produced in E. coli and purified from the periplasmic space by TALON (Takara Bio, 

Mountain View, CA) affinity purification, described in the aforementioned literature. The 

photosensitizer IRDye700DX (LI-COR Biosciences, Lincoln, Nebraska), from now on referred 

to as PS, was conjugated to the nanobodies by incubation for 2 h at room temperature, as 

described by Heukers et al. [14], except that the molar ratio for conjugation was 1 to 2 for R2-

PS and 1 to 4 for 7D12-PS. The PS was allowed to conjugate randomly to the nanobody, and 

was presumed to bind mostly with primary amines. To separate free PS from the conjugates, 

size exclusion chromatography was performed in three sequential steps using Zebra Spin 

Desalting columns (Thermo Fisher Scientific, Perbio Science Nederland, Etten-Leur, The 

Netherlands). The degree of conjugation was determined by measuring the absorbance at 280 

nm and 689 nm using a NanoDrop spectrophotometer (NanoDrop Technologies,Wilmington, 

Delaware, USA). The purity of the nanobody–PS conjugates was analyzed by molecular size 

separation by sodium dodecyl sulfate polyacrylamide gel electrophoresis (SDS-PAGE) using 

15% gels. The gels were imaged on an Odyssey Infrared scanner (LI-COR Biosciences) to 

detect PS fluorescence at 700 nm. Subsequently, Coomassie Blue background staining was 

performed and the gels were imaged once more. 



All animal experiments were approved by the Animal Care and Use Committee of Maastricht 

University (protocol: 2012-139). The maintenance and care of the experimental animals were 

in compliance with the guidelines set by the institutional animal care committee, accredited 

by the National Department. 

OSC-19-cgfp-Luc2 human oral squamous carcinoma cells [20,21] were cultured at 37 °C and 

5% CO2 as a monolayer in Dulbecco’s Modified Eagle’s Medium (41966, Invitrogen, Carlsbad, 

CA) supplemented with 10% fetal bovine serum (Greiner Bio-One, Alphen a/d Rijn, The 

Netherlands), 50 IU/ml penicillin/streptomycin (Lonza Bioscience, Basel, Switzerland), 1% 

Minimum Essential Medium non-essential amino acids solution (11140-035, Invitrogen), and 1% 

MEM vitamin solution (11120-037, Invitrogen). Passages 16-19 of the original batch were 

used for inoculation. Female BALB/c nude mice (Charles River, Maastricht, The Netherlands), 

aged 8-11 weeks, were injected with 1*106 cells subcutaneously in the right hind limb. 

Tumors became palpable after 3 to 6 days, and were measured with a caliper every 2 or 3 

days. MRI experiments were started when tumors reached a volume of approximately 300 

mm3. 

Mice were anesthetized during photosensitizer injection and MR imaging using isoflurane 

(3.5% for induction, 1-2% for maintenance) in medical air flowing at 0.4 L/min. Body 

temperature was monitored with a rectal probe and maintained at 37 °C using a warm water 

circuit. Respiration rate was monitored using a pressure balloon. 

One group of animals (n=5) was injected with 7D12-PS before PDT, while another group 

(n=5) was administered R2-PS. Control animals (n=4) received an injection of saline and 

similar light treatment as the PDT-treated animals. For all animals, MR imaging was 

performed on 3 consecutive days. PDT or control light treatment was performed during the 

second MRI scan, inside the bore of the scanner. The DCE-MRI scan on the second day was 

performed approximately 70 min after the end of tumor light treatment, henceforth referred 

to as “right after PDT”. The last MR experiment took place at approximately 24 hrs after PDT, 

after which animals were sacrificed by cervical dislocation.  

Experiments were performed with a 7 T MRI scanner (BioSpec 30/70 USR, Bruker) using a 

72-mm-diameter quadrature transmit and receive birdcage coil. For anatomical reference, a 

T2-weighted multi-slice spin echo scan was acquired with 12 to 14 axial slices, covering the 

entire tumor. Scan parameters were: TR=1000 ms, TE=30 ms, matrix=128x128, slice 

thickness=1.0 mm, slice gap = 0.1 mm, FOV=4x4 cm2. For T1-mapping, a 3D FLASH sequence 

with variable flip angle was used [22]. Sequence parameters were: TR=20 ms, TE=3.2 ms, 7 

flip angles (2°, 3°, 5°, 7°, 10°, 13°, and 20°), matrix=128x128x39, FOV=40x40x22 mm3. DCE-

MRI was performed using the same 3D FLASH sequence with shorter TE and TR and a fixed 

flip angle. Sequence parameters were: TR=3 ms, TE=1 ms, FA=7°, acquisition 

matrix=128x69x17 (zero-filled to 128x128x39). The DCE-MRI sequence was repeated for 15 



min with a temporal resolution of 3.5 s to capture the dynamic influx of contrast agent in the 

tumor. Two min after start of the scan, a dose of 0.3 mmol/kg b.w. Dotarem (Guerbet, 

Villepinte, France) was injected in 5 s using a syringe pump (Fusion 100, Chemyx Inc., 

Stafford,153 TX, USA), followed by a saline flush. 

A dose of 200 μg photosensitizer-conjugate in approximately 100 μL PBS was administered 

via the tail vein 2 h before light exposure. Control animals received 100 μL saline. A black 

paper mask was placed around the tumor, to prevent light entering the adjacent tissue. The 

tumor was irradiated with light from a 690 nm laser diode (ML7700, Modulight, Tampere, 

Finland), delivered into the MR magnet via a fiber. The light was collimated by a lens to a 

beam with a diameter of 1 cm. The total power of the beam was calibrated with a photodiode 

power meter. An irradiance of 50 mW/cm2 was applied to the tumor for 33 min, resulting in a 

total fluence of 100 J/cm2. Preventive analgesia (s.c. injection of 0.05 mg/kg buprenorphine) 

was administered 30 min before PDT, and roughly 12 h later. 

Five min before animals were sacrificed, a dose of 32 mg/kg bodyweight Hoechst 33342 

(B2261, Sigma Aldrich, St. Louis, MO) was injected via the tail vein as a perfusion marker. 

Immediately after sacrifice, the skin covering the tumor was removed, and colored dye lines 

(MD100-1KT, Sigma Aldrich) were drawn on the tumor as anatomical landmarks. Tumors 

were then excised and snap-frozen in a cold isopentane slush, and subsequently stored at -80 

°C. Histological analysis was performed on a selection of 2 control tumors, 3 7D12-PS treated 

tumors and 3 R2-PS-treated tumors. Eight μm thick sections were cut in a central and a 

peripheral transverse plane using a cryotome. At both depths, multiple adjacent sections 

were cut, which were either subjected to CD31 immunofluorescence staining to detect 

endothelial cells, or stained with Hematoxylin and Eosin (H&E). For CD31 detection, sections 

were fixed in acetone at -20 °C for 5 min, and subsequently air-dried. Next, they were 

incubated for 1 h at 20 °C with biotin-conjugated rat anti-mouse CD31 antibodies (#102503, 

BioLegend, San Diego, CA, 1:250 dilution), and subsequently for 1 h with DyLight 649-

conjugated streptavidin (#405224, BioLegend, 1:100 dilution). Brightfield and fluorescence 

microscopy imaging of entire H&E and CD31 sections was performed by mosaic acquisition at 

40x and 20x magnification, respectively. Viable and necrotic tumor regions in H&E sections 

were manually segmented in ImageJ 1.51. All other data analysis, including segmentation of 

tumors in CD31 histology images, was performed using home-made scripts in Matlab 2016a 

(Mathworks, Natick, MA). In the CD31 sections, tissue was classified as perfused or non-

perfused by applying a manually selected threshold on the fluorescence signal intensity of 

Hoechst 33342. 

Manual segmentation of tumors was performed in ITK-SNAP 3.4 [23], based on T2-weighted 

spin echo images. Tumor tissue was hyperintense compared to muscle tissue. All further 

analysis was performed using home-made scripts in Matlab 2016a. Muscle regions of interest 

(ROI) of 5x5 pixels were selected in four central tumor slices, with 1 pixel spacing to the 



tumor border, and centered on the optical axis of the light beam. T1 maps were reconstructed 

pixel by pixel by fitting the data signal intensities at different FA to the spoiled gradient echo 

sequence signal equation:                                                . 

Dynamic changes in R1(t) = 1/T1(t) were calculated from the DCE-MRI scan, based on the pre-

contrast relaxation rate R1,pre = 1/T1,pre and the signal change during contrast agent influx, 

using the same equation as above. Next, Dotarem concentration curves C(t) were calculated 

using                    , where r1 = 3.53 s-1mM-1 is the longitudinal relaxivity of Dotarem 

[24]. The area under the curve (AUC) of the Dotarem concentration was calculated by 

integration of the curve over time. Pixels were classified as non-enhanced when the median of 

the concentration curve after the time of contrast injection was smaller than twice the 

standard deviation before injection. Besides, tracer kinetic modeling was performed using the 

standard Tofts-Kermode model [25], to estimate Ktrans (transfer constant describing exchange 

between the blood plasma and the extravascular extracellular space (EES)) and ve (the 

volume fraction of the EES). The arterial input function (AIF) was defined as a bi-exponential 

function with amplitudes A1 = 5.36 mM and A2 = 1.27 mM, and time constants τ1 = 5.36 s and 

τ2 = 915 s, as previously described [26]. 

Statistical analysis was performed in SPSS 22.0. Effects of treatment and time on 

measurement outcomes were analyzed using mixed-design ANOVAs with Bonferroni post-

hoc correction, after validating the homogeneity of variances using Levene’s test and the 

sphericity assumption using Mauchly’s test. Test results were considered statistically 

significant if p < 0.05. Unless otherwise mentioned, results are presented as mean ± standard 

deviation. 

DCE-MRI was used in this study to investigate the treatment efficacy and selectivity of 

nanobody-targeted PDT, through measurements of vascular perfusion. A representative 

example of raw DCE-MRI data and results for the calculated contrast agent concentration are 

given in Figure 1. All images are from the same central axial slice through a non-treated 

tumor. A rapid increase in initial signal intensity due to contrast agent uptake can be 

observed in Figure 1a, as well as a subsequent gradual signal decrease, due to wash-out of the 

contrast agent. The Dotarem concentration as a function of time, calculated from the DCE-MRI 

scan and the pre-contrast T1 map (not shown), is displayed for a single tumor pixel in Figure 

1c. The AUC map in Figure 1d shows the degree of contrast agent uptake in the whole image. 

Both the entire tumor and muscle showed significant contrast agent uptake, indicating ample 

blood supply in these tissues. 



 

 

Figure 2 shows representative AUC maps at all time points for a central slice of a control 

animal, an animal that received PDT with R2-PS, and an animal that received PDT with 7D12-

PS. For all 3 animals, the tumor was completely or almost completely perfused at baseline. No 

significant changes were observed in the AUC maps of the control animal over time. In 

contrast, the 7D12-PS treated animal showed a strong AUC decrease in a large part of the 

tumor right after PDT. At 24 h post PDT, the AUC decreased even further, and the tumor was 

mostly non-enhanced. For the animal treated with R2-PS, the AUC also decreased right after 

PDT and continued to decrease at 24 h post PDT. However, the effects were less apparent and 

more heterogeneous than for the 7D12-PS animal, and a big part of the tumor was still 

significantly enhanced after 24 h. 



 



Figure 3 shows the group averages of the non-enhanced fractions of tumors. In line with the 

observations for single animals in Figure 2, the average non-enhanced tumor fraction of 

7D12-PS treated animals increased after PDT, as shown in Figure 3a. A mixed-design ANOVA 

revealed a significant interaction effect of treatment and time on the non-enhanced tumor 

fraction (p = 0.030), and for 7D12-PS treated tumors a significant increase was found right 

after PDT and at 24 h after PDT compared with baseline (p = 0.010 and p = 4.6*10-4, 

respectively). Although the average non-enhanced tumor fraction for the R2-PS group also 

seemed to increase at these time points, these differences were not statistically significant (p 

= 0.212 and p = 0.055, respectively). Moreover, for both R2-PS and 7D12-PS treated tumors, 

the non-enhanced fraction right after and at 24 h after PDT was not significantly higher 

compared with controls. 

In contrast to the tumor response to PDT, no loss of contrast enhancement was observed in 

the muscle tissue surrounding the tumors, for either R2-PS or 7D12-PS. Interestingly, the 

border between enhanced and non-enhanced regions coincided largely with the interface 

between muscle and tumor tissue for most 7D12-PS-treated tumors. Contrast enhancement 

in the muscle was analyzed for all animals in an ROI just below the tumor tissue. The non-

enhanced muscle ROI fractions were negligible and they were not significantly affected by 

treatment or time point (Figure 3b).  

 

The DCE-MRI data were further analyzed using tracer kinetic modeling to calculate Ktrans: the 

rate of exchange of contrast agent between blood and the extravascular extracellular space. 

Figure 4 shows representative Ktrans maps of untreated animals and animals treated with PDT 

using either R2-PS or 7D12-PS. In the untreated animal, Ktrans was heterogeneous throughout 

the tumor. The observed Ktrans in muscle and tumor tissue appeared to remain stable over 

time. In the PDT-treated tumors, Ktrans decreased dramatically right after PDT. In agreement 

with the loss of contrast agent uptake, large tumor regions had Ktrans values close or equal to 



zero at 24 after PDT with R2-PS. For the animal that underwent PDT with 7D12-PS, almost 

the whole tumor had negligible Ktrans at 24 h post PDT. The remaining pixels with residual 

contrast enhancement mostly showed lower Ktrans values compared to untreated tumor tissue. 

The Ktrans values of muscle tissue of controls and animals treated with R2-PS remained 

unaltered over time, although Ktrans displayed a large variability in different parts of the 

muscle at all time points. For the animal treated with 7D12-PS, Ktrans appeared to decrease in 

most parts of the muscle right after and 24 h after PDT, although the effect was not very 

pronounced.  

 



 



To assess if the microvascular perfusion in the remaining contrast-enhanced tumor tissue 

after PDT was affected by treatment, the average Ktrans in enhanced tumor pixels was 

calculated for each treatment group (Figure 5a). A mixed ANOVA demonstrated a significant 

interaction effect of treatment and time on Ktrans in enhanced tumor pixels (p = 1.3*10-5). 

Significant decreases in Ktrans were observed right after PDT for both R2-PS and 7D12-PS (p = 

3.2*10-4 and p = 2*10-6, respectively). In addition, tumors treated with 7D12-PS had 

significantly lower Ktrans at 24 h post PDT compared to baseline (p = 3.9*10-5), and also 

compared to untreated tumors at both time points after PDT (p = 0.022 and p = 0.016, 

respectively). An unexpected increase in Ktrans at 24 h post PDT compared to right after PDT 

was seen for the R2-PS group, which was statistically significant (p = 0.024). Figure 5b shows 

the average Ktrans in muscle ROIs. In agreement with the observations in Figure 4, no 

significant main or interaction effects of treatment on the average Ktrans in muscle ROIs were 

found (p = 0.13 and p = 0.24). 

 



H&E staining showed clear differences between control tumors, 7D12-PS-treated tumors and 

R2-PS-treated tumors (Figure 6a-c). Control tumors displayed some small cysts and pockets 

of spontaneous necrosis, but were mostly viable (Figure 6g). Tumors treated with 7D12-PS 

showed massive necrosis, displaying eosinophilic cytoplasm, hyperchromatic nuclei and 

disrupted cell structure (Figure 6i). For two of the 7D12-PS-treated tumors necrosis was 

localized in clearly defined areas, while in the third one it was spread between clusters of 

sub-vital cells. Tumors that received R2-PS also showed considerable regions of necrosis, 

mostly confined to well-defined areas. In both controls and treated tumors, necrotic regions 

were invaded by neutrophils. The average necrotic tumor fractions were 23 ± 20% for 

controls, and 56 ± 27% and 89 ± 9% for R2-PS and 7D12-PS, respectively.  

Fluorescence imaging of CD31 and Hoechst 33342 in control sections (Figure 6a & d) showed 

an abundance of capillaries and significant uptake of the perfusion marker in most regions. 

Non-perfused regions generally lacked blood vessel staining, and comparison with adjacent 

H&E sections demonstrated that these non-perfused regions co-localized with necrotic 

regions. Tumors treated with 7D12-PS (Figure 6c & f) hardly showed any uptake of Hoechst 

33342, and less blood vessels were detected. The few detected blood vessels had weak 

staining and indistinct morphology, possibly due to disruption, and closed lumens. 

Conversely, the blood vessels in untreated tumor tissue were open and had a clear vessel 

lining. R2-PS-treated tumors (Figure 6b & e) showed large regions with absence of perfusion, 

similar to the 7D12-PS-treated tumors, alongside regions with intact blood vessels and 

perfusion. Non-perfused fractions were 74 ± 17%, 52 ± 25% and 23 ± 33%, for the control, 

R2-PS, and 7D12-PS groups, respectively.  



 

Interestingly, there was a significant correlation between the average viable fraction (based 

on H&E staining) and the perfused fraction (based on Hoechst 33342 uptake) of treated 

tumor sections (Pearson’s ρ = 0.986, p = 4.7*10-9). The spatial correspondence between the 

necrotic and non-perfused regions was assessed based on the overlap of both regions after 



rigid registration of the H&E and CD31 tumor masks. Despite small differences in the shape of 

adjacent sections due to tearing, shearing, and folding during section preparation, good 

registration could be achieved. Averaged over all sections, 90 ± 9% of the H&E tumor mask 

area overlapped with the CD31 tumor mask area. Conversely, 92 ± 6% of the CD31 tumor 

mask area overlapped with the H&E tumor mask area. The registration allowed assessment of 

potential colocalization of necrotic and non-perfused tissues. Of the necrotic regions in 7D12-

PS and R2-PS-treated tumors, area fractions of 93 ± 7% and 84 ± 9% overlapped with non-

perfused tissue, respectively. Conversely, 82 ± 30% and 79 ± 12% of the non-perfused tissue 

overlapped with necrotic tissue, for 7D12-PS and R2-PS-treated tumors, respectively. 

 
In this study, we employed DCE-MRI to investigate the PDT treatment efficacy and selectivity 

towards EGFR-expressing tumor tissues, using a recently introduced nanobody-

photosensitizer conjugate (7D12-PS). The use of tumor-targeted nanobodies for PDT is a 

promising approach to overcome the low tumor-selectivity of conventional PDT. EGFR is a 

well-recognized target for cancer treatments, since it is overexpressed in many epithelial 

cancers. Such cancers are often accessible directly or endoscopically, making them suitable 

for PDT treatment. Although tumor tissue elimination is thought to be induced by tumor cell 

destruction upon photo-activation of 7D12-PS bound to cell-surface EGFR, strong vascular 

damage was previously also observed [15]. Therefore, the DCE-MRI methods for PDT 

evaluation described in Chapter 3 were employed in this study, using vascular shutdown as a 

biomarker for treatment efficacy. 

In animals treated with 7D12-PS, a strong decrease in contrast agent uptake was observed in 

the tumors right after and 24 h after PDT, demonstrating complete vascular shut-down in 

major tumor parts. In the remaining tumor regions that still showed contrast agent uptake, a 

decrease in Ktrans was observed, indicating a reduced perfusion. The vascular effects were 

confined to the tumor tissue. No significant changes in contrast agent uptake were observed 

in surrounding muscle. Moreover, the average Ktrans in muscle did not change significantly 

after PDT, suggesting that the treatment did not affect the microvascular blood supply in the 

muscle. The absence of a significant PDT effect on muscle tissue perfusion may have been due 

to the fact that the muscle was generally below the tumor during light irradiation, resulting in 

a relatively low fluence energy delivered to the muscle tissue. On the other hand, most 

animals treated with 7D12-PS showed a sharp boundary between enhanced and non-

enhanced tissue, which coincided precisely with the border between tumor and muscle tissue 

based on T2-weighted anatomical images. This suggested that the absence of PDT-induced 

vascular effects in muscle was not due to insufficient light penetration, but rather due to a 

selective PDT toxicity towards tumor tissue. 

Because the conjugate did not affect the vasculature in surrounding muscle, but only that of 

tumor tissue, we believe that the vascular effects in the tumor were not a primary effect of the 

PDT treatment, but rather an indirect effect of cellular damage. PDT-induced edema 

formation, elevated interstitial tissue pressure [27], and associated swelling may result in 

pinching off of blood vessels. Besides, endothelial cell damage may occur as a bystander effect 



of tumor cell death [28]. Alternatively, the tumor selectivity of the vascular response might be 

explained by functional and morphological differences of tumor versus muscle vasculature. 

For example, increased leakiness of tumor blood vessels could result in passive tumor 

targeting of the nanobody uptake [29]. 

Histological analysis of the tumors using H&E staining confirmed the presence of massive 

necrosis of tumor tissue in the 7D12 treated tumors, with an average necrotic tumor fraction 

amounting to 89%. The remaining viable tissue could be the result of insufficient illumination 

of the whole tumors, due to inadequate aiming of the light beam or attenuation of light 

intensity in deeper tissues. Moreover, imaging of Hoechst 33342 perfusion marker injected 5 

min prior to animal sacrifice combined with immunofluorescent labeling of CD31 to detect 

endothelial cells showed vascular occlusion in almost the entire tumors. Necrosis and 

absence of perfusion were strongly correlated: virtually all necrotic regions showed no 

uptake of Hoechst. This spatial correspondence justified the use of measuring the 

microvascular tumor status with DCE-MRI as an evaluation tool for treatment efficacy. 

Another noteworthy observation was the decrease of contrast agent uptake in R2-PS treated 

tumors. This conjugate was expected to be cleared from the body without binding to any 

biological target. Instead, it caused vascular shut-down in some tumor parts, suggesting that 

it accumulated within the blood vessels or in the tumor tissue. Histological analysis of R2-PS 

treated tumors confirmed the loss of microvascular perfusion in roughly half of the tumor 

section area, and illustrated the presence of necrosis in approximately these same regions. 

Similar to 7D12-PS, no vascular effects were observed in the muscle. It is unclear if the 

mechanisms resulting in vascular occlusion are similar for R2-PS and 7D12-PS. However, in 

vitro and in vivo data clearly demonstrated the absence of an interaction of R2-PS with EGFR-

overexpressing tumor cells, while 7D12-PS clearly showed a strong affinity [14,15]. Further 

research is needed on the potential interaction of R2-PS with blood vessels or tumor stroma. 

Our results corroborate earlier findings by Van Driel et al. [15], who reported selective PDT-

induced necrosis with the 7D12-PS conjugate in an orthotopic OSC-19 mouse tongue tumor 

model. They showed a homogeneous uptake of 7D12-PS in the tumor tissue, with a tumor to 

background ratio of 1.8 ± 0.3 at 1 h post injection. Comparable to our observations, they 

reported necrosis in 80% of the tumor tissue after PDT with 7D12-PS, and 42.5% necrosis for 

R2-PS. Moreover, they saw absence of CD31 stain in tumors after PDT with both conjugates 

and blood vessel damage on H&E. However, damage to muscle cells and blood vessels in the 

nearest tissue surrounding the tumors was also observed, while we detected no changes in 

the DCE-MRI of muscle. This discrepancy could be caused by the fact that a shorter time 

interval (1 hrs) between photosensitizer administration and light irradiation was used, 

compared to our protocol (2 hrs). A shorter interval may be associated with a more vascular 

targeted response, due to incomplete clearance, with a higher risk of damage to normal 

tissue. On the other hand, the animals in our study were under anesthesia during the second 

hour of the drug-light interval, which may partially cancel out the effect of the longer interval 

because of slower blood circulation. 



The current EGFR-targeted PDT approach using nanobody-photosensitizer conjugates holds 

great potential for clinical application. Nanobodies are in clinical trials for a number of non-

cancer treatments [30]. Additionally, a clinical trial is currently in progress with cetuximab-

PS, an EGFR-targeted antibody conjugated to IrDye700DX, the same photosensitizer as in this 

study [11]. However, additional optimization of the PDT-treatment with 7D12-PS may be 

required, and the long-term efficacy of treatment needs to be tested in different tumor 

models. Intravital microscopy experiments with small tumors in a dorsal skin-fold window 

chamber are in progress, which allow visualization of microvascular morphology, tumor 

viability status, and localization of the photosensitizer. These experiments will likely 

contribute to the understanding of the exact mechanism behind this form of PDT and to 

optimize the treatment protocol. 

 
PDT with a nanobody-conjugated photosensitizer (7D12-PS) was demonstrated to be a 

promising approach for EGFR-targeted tumor treatment. Using DCE-MRI measurements, 

supported by histological data, we showed that PDT with 7D12-PS was effective in terms of 

tumor destruction and specific with regard to tumor tissue. Although the tumor vasculature is 

not a primary target of the treatment, a complete vascular shutdown was observed with DCE-

MRI, probably as an indirect effect of the treatment. Histology results showed a very strong 

spatial agreement between necrosis and vascular shutdown, demonstrating that vascular 

damage is a suitable biomarker for necrosis, which can be excellently visualized by DCE-MRI. 

Future research should be aimed at elucidating the biological mechanism behind this form of 

PDT, and optimizing the drug-light interval. The cause of the unexpectedly large PDT effect of 

the control conjugate R2-PS on tumor tissue and vasculature needs further investigation. PDT 

with 7D12-PS seems to be a very promising cancer treatment, since it allows effective 

localized tumor ablation, without typical side effects associated with traditional PDT, such as 

collateral damage to adjacent tissue, and long-lasting skin photosensitivity. 
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A non-invasive method is introduced for quantification and visualization of fluence rate in 

light-irradiated biological tissues. The method is based on Magnetic Resonance Thermometry 

measurements of tissue temperature changes resulting from absorption of light. From the 

spatial-temporal temperature data, the generated heat is calculated. Finally, fluence rate 

maps are reconstructed by dividing the heat data by the tissue absorption coefficient.  

Simulations were performed using virtual MR thermometry datasets based on analytically 

described fluence rate distributions, which could be accurately reconstructed by the method. 

Next, the approach was tested in gel phantoms. Resulting fluence rate maps matched well 

with theoretical predictions in a non-scattering phantom (R2 = 0.93). Experimental validation 

was further obtained in a scattering phantom, by comparing fluence rates to invasive fluence 

rate probe measurements along and perpendicular to the optical axis (R2 ≥ 0.71 for both 

cases). 

Finally, our technique was applied in vivo in a mouse tumor model. The resulting fluence rates 

matched invasive probe measurements (Pearson’s ρ = 0.90, p = 0.0026). The method may be 

applied to investigate the relation between light dose and biological response in light-based 

treatments, such as photodynamic therapy. It may also be useful for experimental validation 

of light transport models. 

  



 
In the fields of biomedical optics, light-based therapies, and optical diagnostics, the fluence 

rate   is a key parameter, as it quantifies the local intensity of light. The (radiant energy) 

fluence rate   (W/m2) at a given point in space is defined as “the radiant energy flux incident 

on a small sphere, divided by the cross-sectional area of that sphere” [1]. The local fluence 

rate determines the rate of absorption of optical energy per unit volume, through 

           , where Q is the absorbed power density (W/m3) and μa the absorption 

coefficient (cm-1). Fluence rate is wavelength-dependent and integration of fluence rate over 

time gives the (radiant energy) fluence (J/m2). 

In photodynamic therapy (PDT) the fluence rate plays an important role [2,3]. PDT is a cancer 

treatment that relies on a light-activated drug called photosensitizer (PS). Upon light 

absorption by this drug, highly reactive oxygen species are generated, which induce cell 

death. The therapeutic dose-response relation in PDT is far from completely understood, but 

it is known to depend on many parameters [4]. These parameters include the PS 

concentration in the tissue, the availability of tissue oxygen, and importantly, both the total 

fluence and the fluence rate. It is argued that at high fluence rates, excessive singlet oxygen 

generation can lead to oxygen depletion, resulting in lower treatment effectiveness [5]. 

Therefore, the total fluence alone is not enough to characterize the PDT dose, but the spatial 

distribution of the fluence rate is needed. 

If the irradiation conditions and the optical properties of the tissue of interest are known, the 

fluence rate can be calculated. Although analytical models of light transport exist [6], these 

so-called radiative transfer equations (RTE) are usually difficult to solve. Therefore, a 

common approach is to use an easier to solve diffusion model to approximate the RTE, which 

can provide reasonably accurate fluence rate results. Alternatively, fluence rates can be 

obtained from Monte Carlo simulations of large numbers of individual photon trajectories [7]. 

This latter method requires heavy computations. Unfortunately, both methods require 

knowledge of tissue optical properties, such as absorption and scattering coefficients, which 

are often not available. 

An alternative is to measure fluence rate directly using an invasive interstitial probe. 

Isotropic fluence rate probes are available with a small spherical tip of typically a few 

hundreds of micrometers in diameter made of a scattering material, which uniformly collect 

light from all incident angles [8]. The tip is mounted onto the end of a bare fiber, the other 

end of which is connected to a photodiode. When carefully calibrated, a fluence rate 

measurement with such a probe works well with an accuracy of 5-10% [9]. However, the 

method is highly invasive as the probe has to be pierced into the tissue, and small 

hemorrhages around the tip can disturb the measurement. Moreover, such a probe only 

provides single-point information, whereas for proper evaluation of PDT 3D spatial 

information is needed. 

To our knowledge, until now a non-invasive method to measure fluence rate in 2D or 3D in 

living tissue did not exist. We propose the use of in vivo Magnetic Resonance Thermometry 



(MRT) for non-invasive estimation of fluence rate in tissues irradiated with visible or near-

infrared light. Our method uses MRT temperature data to calculate the spatial-temporal heat 

source distribution that is induced by significant absorption of photons. The fluence rate 

distribution is subsequently derived by dividing the heat source term by the absorption 

coefficient of the tissue. The method was tested in gel phantoms and in mouse tumors. 

Results were in close agreement with invasive optical probe measurements. We expect that 

this method will lead to new insights with regard to photon transport in biological tissues and 

light dosimetry, e.g. for PDT. 

 

The light-induced rate of heat energy Q (W/m3) generated in a tissue or material with 

absorption coefficient μa equals      , where   is the fluence rate. Temperature change 

caused by such a heat source is described by the heat diffusion equation: 

  
  

  
         

where   is the tissue or material density (kg/m3), c is the specific heat capacity (J/(kg*K)), 

and k is the thermal conductivity (W/(m*K)) [10]. Throughout this study, we assumed that 

heat losses at tissue-air boundaries during the short time-course of the experiments were 

negligible. Moreover, we neglected convective heat transfer effects of blood perfusion. For 

biological tissues and water-based materials, temperature changes can be measured in 2D or 

3D and as a function of time using MRT, as explained further on. If the discrete temperature 

data have a sufficient signal-to-noise ratio, the time derivative       and the Laplacian     

can be robustly calculated. The generated heat power density Q can then be calculated by 

filling in the heat equation, assuming the material properties  , k, and c are known. The 

material properties for biological tissues are usually quite close to those of water, which are   

= 1000 kg/m3, k = 0.6 W/(m*K), and c = 4178 J/(kg*K). These values were used throughout 

the study, for both phantom and in vivo experiments. Values for specific tissue types are 

available in literature [11,12]. The fluence rate readily follows from the heat power density Q 

if the absorption coefficient is known, using       . 

Calculation of the time derivative      , and especially the second derivative     is 

challenging, due to the noise in the MRT data. The derivatives       and     were obtained 

separately by calculating the analytical derivative of local polynomial fits, performed at each 

pixel and each time point. To reduce computation time, the derivatives were only calculated 

within a spatial mask, defined by applying a threshold to the magnitude images of the 

thermometry data. For the time derivative at time point ti, a second order polynomial fit was 

performed to a window of N time points around ti. For simulations and in vivo experiments, 

N=15 was used, while N=11 was used for phantom experiments. The time curves were split in 

3 periods: before, during, and after laser irradiation. At the transitions between the periods, 

only the available time points from within that period were used for calculating the fits, 

because the curves are non-differentiable at the transition. The polynomial fit functions and 



their analytical derivatives were evaluated at each time point, to obtain smoothed 

temperature curves and temperature derivative curves. The root mean squared error (RMSE) 

of the smoothed versus the original temperature curves was calculated, and a threshold was 

applied to the RMSE to exclude pixels with a low fit quality from the mask. Next, 3D 

polynomials of the form                                    
     

  

   
  were fitted to the smoothed temperature data within a spherical neighborhood of radius 

R around each pixel. For simulations and in vivo experiments, R=3.75 mm was used, while 

R=3.0 mm was used for phantom experiments. To improve the signal-to-noise ratio and fit 

quality, pixels outside the mask were excluded from the neighborhood. The Laplacian at each 

point was obtained by calculating                . 

The feasibility of our method was tested on a 3D virtual temperature dataset, obtained by 

simulating the heat generation and transport by a pre-defined fluence rate distribution in a 

non-scattering phantom with known thermal properties and absorption coefficient μa. A point 

light source, centered in a 30x30x30 mm3 volume of interest, was defined on a tetrahedral 

mesh of 80412 points. Between t=120 and t=420 s of the simulation, the light source was 

switched on with a fluence rate distribution of                  , with amplitude A = 

12.5 W/m, and r the radial distance from the point source. In an infinite homogeneous 

medium with absorption coefficient μa = 0.5 cm-1, such a light source produces heat with a 

power density of               for          , and        otherwise. The heat 

transfer equation (  
  

  
        ) was solved using finite element method functions in 

the Partial Differential Equation (PDE) toolbox of Matlab R2016a. Temperature maps were 

generated from t = 0 to 1020 s in steps of 10 s. In 5 slices, centered at z = -2.2, -1.1, 0, 1.1, and 

2.2 mm around the point source, the temperature maps were interpolated to a Cartesian grid 

of 64x64 pixels, resulting in 0.47 mm spatial resolution, similar to our in vivo measurements. 

A second temperature dataset was obtained by adding Gaussian noise with a standard 

deviation of 0.43 °C, to assess the effect of noise on the fluence rate calculations. 

Subsequently, the fluence rate calculation was performed on the noiseless and noisy 

temperature datasets, and the result was compared to the input fluence rate. 

A model IP85 isotropic light probe (Medlight, Ecublens, Switzerland) was used for validation 

of fluence rate estimations in phantom and in vivo experiments. The probe consists of a 

ceramic spherical bulb mounted onto the distal end of a bare optic fiber. A fraction of the light 

collected by the bulb was guided through the fiber and detected by a photodiode on the 

proximal fiber end. The bulb collected light from all incident angles with nearly identical 

efficiency, except for the blind spot created by the fiber. The overall efficiency of the probe 

was calibrated, by placing the fiber in a light beam with known irradiance. Since the efficiency 

of the probe depends on the refractive index of its ambient medium [13], the calibration was 

done in water, which has a similar refractive index as tissue. The light was produced by a 

fiber-connected 655 nm laser (model WSLB-650-002-H, WaveSpectrum, Beijing, China). The 

fiber output was placed in front of an optical diffuser, to generate a 20° diverging beam with 

uniform light intensity profile. The irradiance of the beam was first quantified using a 



photodiode (model S121C, Thorlabs, Newton, NJ, USA). Next, the photodiode was removed 

and the beam was aimed orthogonally onto the surface of a degassed water bath. The fiber 

was placed horizontally just below the water surface, with the bulb in the center of the beam, 

at the same longitudinal distance as the photodiode. The water container was made of black 

plastic, to minimize light reflections. The assumed irradiance at the probe was corrected for 

2% reflectivity at the air-water surface. Since the probe was only slightly below the water 

surface and the divergence of the beam was small, no correction was applied for the change in 

beam diameter due to refraction. The optical power at the proximal end of the probe fiber 

was measured with a photodiode (model S150C, Thorlabs). A calibration factor was obtained 

by dividing the irradiance at the probe by the measured fiber power output. 

Gel phantoms were prepared by adding 4% w/v gelatin from porcine skin (G2500, Sigma 

Aldrich, Saint Louis, MO) to ultrapure water at 30 °C, while continuously stirring. Desired 

amounts of Evans Blue (E2129, Sigma Aldrich) and anatase titanium dioxide (232033, Sigma 

Aldrich) were added, as absorbing and scattering agents, respectively. Next, 0.1% v/v 

formaldehyde (252549, Sigma Aldrich), was added to facilitate cross-linking and the solution 

was heated to 45 °C. It was then poured into the desired container or mold, which was placed 

in a vacuum chamber at 150 mbar for 15 min to remove air bubbles. The samples were stored 

in a 4 °C refrigerator to fully crosslink overnight, and used the next day.  

The absorption coefficient as a function of Evans Blue concentration in the gelatin samples 

was determined by transmission spectroscopy. Samples were prepared in duplo as described 

above in cuvettes (7590-05, Brand, Wertheim, Germany) with a path length of d=10 mm. 

Evans Blue concentrations of 2.53, 5.05, 10.1, 20.3, and 40.5 mg/L were prepared, and no 

TiO2 was added. Two reference samples were prepared in the same way, but without Evans 

Blue. In a dark room, the cuvettes were placed in a cuvette holder (Ocean Optics, Dunedin, 

FL), in between opposing ends of two optical fibers. One fiber was connected to a white light 

source (DH2000, Ocean Optics), while the other one was connected to a spectrophotometer 

(AvaSpec-ULS2048, Avantes, Apeldoorn, The Netherlands). Transmittance T at 655 nm was 

calculated by dividing the signal intensities of each sample by that of a reference sample, after 

subtracting a dark measurement signal from both sample signals. The absorption coefficient 

in cm-1 was then calculated as          . 

MRI experiments were performed with a 7 T scanner (BioSpec 70/30 USR, Bruker) using a 

quadrature 72-mm-diameter transmit and receive birdcage coil. T2-weighted anatomical 

reference images were acquired using a multi-slice spin echo scan, with 5 axial slices centered 

on the light spot. Scan parameters were as follows: repetition time (TR)=1000 ms, echo time 

(TE)=30 ms, matrix=128x128, slice thickness=1.0 mm, slice gap = 0.1 mm, field of view 

(FOV)=6x6 cm2. The same geometry was used for all scans. T1 and T2 values of the phantom 

were determined with RARE (rapid acquisition with relaxation enhancement) relaxometry 

acquisitions, with the following parameters: RARE factor=2, TE=11, 33, 55, 77, 99 ms, 



TR=593, 813, 1096, 1491, 2155, 5000 ms. T2* values were determined with a multi gradient 

echo sequence, with the following parameters: TEmin=2.9 ms, ΔTE=3.5 ms, TEmax=60.4 ms, flip 

angle( FA)30°, TR=1500 ms. For MR thermometry, a FLASH sequence was used with TE 

approximately equal to T2* (typically between 7 and 10 ms) and FA equal to the Ernst angle 

(typically between 12° and 14°). Other scan parameters were: TR=76 ms, scan time=9.7 s. 

After acquisition of 5 baseline scans, the thermometry acquisition was repeated for the 

duration of the heating experiments. 

A custom-built setup was used to perform laser-induced heating of the phantom inside the 

MRI scanner. The light from a 655 nm laser (model WSLB-650-002-H, WaveSpectrum, 

Beijing, China) was guided into the magnet by an optical fiber, collimated to an approximately 

parallel beam, and reflected downwards by a prism onto the phantom. The diameter of the 

projected spot could be adjusted by changing the distance between fiber and collimator lens, 

and was between 0.65 and 0.90 cm in all experiments. Before each experiment, power output 

of the collimated beam was measured with an optical power meter. The spot size of the light 

bundle was measured with a ruler, and the laser current was adjusted to achieve the desired 

irradiance, assuming a uniform beam profile. Irradiance settings of 400 and 576 mW/cm2 

were used. During the heating experiments, the laser controller (model ITC4005, Thorlabs, 

Newton, NJ, USA) was switched on after 1 min and off after 11 min, and was triggered by the 

MR pulse sequence. The complete experiment duration was 31 min, acquiring thermometry 

maps during a 20 min cooling period as well. 

B0 magnetic field drift correction was performed based on a linear space dependent phase 

correction map from the MR signal phase images, similar to De Poorter et al. [14]. Four 

horizontally positioned cuvettes filled with mineral oil were positioned around the gel sample 

in the corners of the imaging field of view. The phase correction map was obtained by a least 

squares fit plane through the phase of the four reference phantoms. The phase in the 

phantom was corrected at each time point by subtracting the phase correction map. 

Temperature maps were obtained by calculating the phase difference images    with respect 

to the average of the 5 baseline scans (  ), and division by the PRF change coefficient α = 0.01 

ppm/°C, the gyromagnetic ratio  , the echo time TE, and the magnetic field strength B0, 

according to               . 

For validation of MRT-based fluence rate results, fluence rate probe measurements were 

performed in similar phantoms as used in the MR experiments. The same optical setup was 

used, to produce similar beam geometry. For quantification of the fluence rate along lines 

perpendicular to the optical axis of the light beam, the probe was inserted 2 cm into the side 

of the phantom, while the beam was projected onto the top surface. Using a motorized linear 

stage, the optical setup was then moved over the phantom in steps of 0.5 mm, such that the 

beam center traveled a straight path right above the probe tip. The depth z of the probe with 

respect to the phantom’s top surface was measured with a caliper after slicing the phantom 

near the probe tip. The experiment was repeated in multiple phantoms, each time with the 

probe at a different depth. For measurement of the fluence rate profile along the optical axis, 



the probe was inserted into the bottom of the phantom, while the beam was again aimed onto 

the top surface and centered above the probe. The probe was inserted further into the 

phantom, in steps of 0.5 mm, until the tip emerged from the top surface. 

All animal experiments were approved by the Animal Care and Use Committee of Maastricht 

University (protocols: 2012-139 and 2014-011). The maintenance and care of the 

experimental animals were in compliance with the guidelines set by the institutional animal 

care committee, accredited by the National Department of Health. 

CT26.WT murine colon carcinoma cells (American Type Culture Collection (ATCC), CRL-

2638) were cultured at 5% CO2 and 37 °C in RPMI-1640 medium (Invitrogen, Breda, The 

Netherlands), supplemented with 50 U/ml penicillin/streptomycin (Lonza Bioscience, Basel, 

Switzerland) and 10% fetal bovine serum (Greiner Bio-One, Alphen a/d Rijn, The 

Netherlands). Early passages (9-13) of the original ATCC batch were used for inoculation and 

2*106 cells were inoculated subcutaneously in the right hind limb of 10 to 12 week-old 

BALB/c mice (Charles River, Maastricht, The Netherlands). Tumors became palpable at 3 to 5 

days after inoculation. Experiments were performed when tumor volumes were between 271 

and 621 mm3, approximately after 10 days. During MR imaging, mice were anesthetized using 

isoflurane (3.5% for induction, 1-2% for maintenance) in medical air flowing at 0.4 L/min. 

Breathing rate was monitored with a pressure balloon. Body temperature was monitored 

using a rectal probe, and kept at 36-37 °C using a warm water circuit. In the course of the 

study, n=9 mice were used, of which some were scanned two times on different days. 

The tumor-bearing hind limb was shaved before the experiment. A 19G needle was used to 

make a small perforation in the skin to facilitate insertion of a probe. Mice were placed in the 

same setup as used for phantom experiments. The hind limb was gently fixed in a stretched 

position, with the tumor on top and as close as possible to the isocenter of the MR-scanner. 

An isotropic fluence rate probe was inserted in the tumor through the skin perforation. The 

penetration depth of the probe was deduced from the position of a pen marking on the fiber. 

Similar to the phantom experiments, a beam of 655 nm light was projected downwards onto 

the tumor. The center of the laser beam was positioned in the same axial slice as the probe. 

Irradiances of 300, 400, and 500 mW/cm2 were applied for 5 min, and the beam diameter 

was between 0.65 and 0.90 cm. The central MR slice was longitudinally aligned with the tip of 

the probe. An absorption coefficient of μa = 1.0 cm-1 was assumed for the fluence rate 

calculation, which is within the range of values for tumors reported in literature [12,15]. 

In order to demonstrate the MR thermometry technique, a custom fiber optic temperature 

probe (Neoptix, Quebec, Canada) embedded in a carbon needle (Ø 1 mm) was inserted into 

the tumor of one mouse, instead of a fluence rate probe. For this animal, the duration of laser 

heating was 13 min at an irradiance of 0.71 W/cm2 and a beam diameter of 0.8 cm. 



 

Within the MRI research field, MRT is an established technique, although there are only a few 

demonstrations of MRT in small animals at 7 T [16]. To assess accuracy and precision of the 

MRT, the MRI-based temperature data was compared to measurements with the tumor 

interstitial temperature probe (Figure 1). The standard deviation of the temperature in a 

tumor ROI in a pre-heating temperature map was 0.43 °C. Since MRT is a subtraction-based 

method, only temperature changes can be measured, relative to the starting temperature. 

Therefore, the robustness of the measurements decreases with the duration of the 

experiment, despite the use of field drift correction. For example, in Figure 1c the root mean 

squared error (RMSE) of MR thermometry versus the temperature probe increases from 0.49, 

to 0.90, and 1.29 °C in the 1st, 15th and 30th minute, respectively. The temperature stability of 

in vivo experiments without heating was assessed by calculating the average absolute 

temperature drift in the final (20th) minute in a tumor ROI. The mean and standard deviation 

of this temperature stability over all in vivo experiments included in this study (n = 10) was 

1.20 ± 0.76 °C. 

 

To demonstrate the feasibility of MR thermometry-based fluence rate calculation, 3D 

simulations were first performed using virtual thermometry datasets, calculated for a known 

predefined fluence rate. Figure 2 (left) provides a schematic outline of the simulation, with 

snapshot images of the central slices of the fluence rate distribution, temperature maps, the 

virtual MR thermometry maps, and the final fluence rate map. The maximum temperature 

elevation at the center was 5.7 °C. For the noiseless case, the spatial RMSE of the resulting 

fluence rate was only 8.8 mW/cm2 for pixels located further than 1.5 mm from the point 

source and calculated over the entire FOV, whereas the predefined fluence rate was larger 



than 100 mW/cm2 for all pixels at a distance within 8.3 mm from the point source. The largest 

spatial RMSE was found close to the light source center, where the fluence rate asymptotically 

approaches infinity. Even with added Gaussian noise with a standard deviation similar to a 

typical in vivo MR thermometry measurements (σT = 0.43 °C), the fluence rate could be 

estimated with acceptable confidence (spatial RMSE = 66.2 mW/cm2). In the right part of 

Figure 2, the time curve of the fluence rate in a pixel close to the virtual light source is shown 

(top), as well as a spatial profile along the radial axis of the light source (bottom). For the time 

curves, the temporal RMSE of the estimated versus the actual fluence rate was 21.8 and 60.6 

mW/cm2, for the simulation without and with added noise, respectively. For the spatial 

profile, the spatial RMSE’s were 24.4 and 36.7 mW/cm2, for the noiseless case and the case 

with added noise, respectively. 

 



To calculate the dependence of the absorption coefficient    on the Evans Blue concentration 

in 4% gelatin phantoms, a transmission spectroscopy experiment was performed. The 

absorption coefficient at 655 nm wavelength increased linearly with the concentration of 

Evans Blue (Pearson’s  =0.9998).  A linear fit through all data points led to the following 

equation:                  cm-1, with [EB] the concentration of Evans Blue in g/L. 

Next, the fluence rate estimation method was tested in a non-scattering gelatin phantom 

which was heated by a laser beam while temperature changes were measured by MRT. The 

result is displayed in Figure 3, displaying the calculation steps from temperature map to a 

fluence rate map. The temperature strongly increased where the light entered the phantom, 

but over time the rate of increase declined (Figure 3a and e). When the laser was switched on, 

the time derivative was positive and gradually approaching zero (Figure 3b and f). After 

switching off the laser, the time derivative became negative as the sample cooled down again. 

The Laplacian (Figure 3c and g) was negative in most of the irradiated region during 

illumination, but quickly went back to zero after the laser was turned off. The calculated 

fluence rate map (Figure 3d) displayed a positive band along the beam axis, with decreasing 

values as function of penetration depth. The calculated fluence rate in a pixel near the probe 

(Figure 3h) was close to the probe value during laser irradiation, and returned to practically 

zero afterwards. The median fluence rate in this pixel was 266 mW/cm2, which was an 

underestimation of 27% compared to the median probe value of 363 mW/cm2. 

 

       
   

  



Further validation of the MR thermometry-based fluence rate estimation was performed in a 

non-scattering gelatin phantom (20.3 mg/L Evans Blue, μa = 1.98 cm-1) and a turbid gelatin 

phantom (5.04 mg/L Evans Blue and 2.50 g/L TiO2, μa =  0.544 cm-1). Both phantoms were 

irradiated for 5 min with a 0.8 cm wide collimated beam, normally incident onto the top 

surface. Figure 4a shows the fluence rate map for the non-scattering phantom. In Figure 4b, 

the fluence rate as a function of penetration depth z along the beam axis was compared to the 

theoretically expected profile based on Beer-Lambert’s law:                 .    is the 

fluence rate value in the top layer (z=0) of the phantom, and was obtained by reducing the 

irradiance (E = 400 mW/cm2) by the specular reflection loss, expressed by the reflectance 

                      , where n0 and n1 are the refractive indices of air and the gelatin 

mixture, respectively. Assuming n0 = 1.0 and n1 = 1.33, 98% of the irradiance was expected to 

be transmitted into the phantom, so    = 392 mW/cm2. Based on the Evans Blue 

concentration of the phantom, the expected absorption coefficient was μa = 1.98 cm-1. The 

RMSE of the experimental versus the theoretical fluence rate along the beam axis was 23.6 

mW/cm2 (6.0% compared to   ), and R2 was 0.929. The experimental fluence rate generally 

was a bit lower than theoretically predicted, especially in the top layer of the phantom. 

 



The fluence rate map of the scattering phantom (Figure 4c) shows a shallower light 

penetration than for the non-scattering phantom. The fluence rate in the top layer exceeded 

the applied irradiance values. Figure 4d and e show comparisons between the MRT-based 

fluence rate and probe measurements along the beam axis and along radial lines at 4 different 

depths. The spatial RMSE for the longitudinal profile was 51.1 mW/cm2 (7.0%), while for the 

radial profiles it was 129.4 (17.7%), 34.5 (4.7%), 35.7 (4.9%), and 34.7 (4.7%) mW/cm2 at z = 

1.0, 2.0, 4.8, and 7.2 mm, respectively. The percentages are all with respect to the maximum 

probe fluence rate along the optical axis. R2 values were 0.942 for the longitudinal profile, and 

0.714 and 0.918 for the radial profiles z = 1.0 and 2.0 mm. For the other two depths R2 was 

not calculated, because the fluence rates were approximately zero. 

Finally, the method was demonstrated in vivo in a mouse tumor model. An example of these 

experiments is shown in Figure 5.  Essentially, the observations were similar to those in the 

phantom experiment. The overall fluence rate distribution in the tumor was as expected: high 

values in the upper region, where the beam entered the tissue, but a more diffuse profile than 

for the non-scattering phantom. In most pixels, the fluence rate time curves were close to 

zero when the laser was off, and increased when it was on. In general, the temperature SNR of 

the in vivo experiments was lower than the phantom experiments. Signal voids were 

observed in some tumors, especially when they were scanned for the second time, possibly 

due to hemorrhages induced by the probe or laser heating. In addition, some temperature 

drifts were observed after laser irradiation in regions of most tumors, e.g. slow increases after 

initial decrease, or decrease below zero. One mouse was excluded from analysis, because the 

signal void around the probe was too large to reliably calculate     in large parts of the 

tumor. The correlation between the fluence rate measured by the probe and the MR 

thermometry-based fluence rate near the probe was statistically significant (ρ = 0.896, 

p=0.0026), as shown in Figure 6. The median value of the fluence rate over the interval during 

laser irradiation was used. A linear fit through the data points resulted in a slope somewhat 

below unity, which was caused mostly by the two data points with the largest probe values. 

All the other data points were closer to the identity line. 



 

  
         

  

 



 
A method was presented for quantification of fluence rate in laser-irradiated biological 

tissues, using MR thermometry measurements. In this article, we provided a proof-of-concept 

and demonstrated the feasibility of the technique in simulations, phantom experiments, and -

in vivo experiments. The method requires that the absorption coefficient of the tissue is 

known, and that the tissue is heated up at least a few degrees by the light source. If these 

requirements are met, the method provides spatial-temporal visualization of fluence rate. 

Simulations demonstrated that the method provides results that accurately match with 

ground truth fluence rate data, depending on the SNR of the MR thermometry data. In the 

phantom experiments, it was shown that the calculated fluence rate profiles correspond well 

with theoretical predictions, and also with fluence rate probe measurements. Finally, the 

method proved to be feasible in vivo in a mouse solid tumor model, and a good correlation 

with fluence rate probe data was found. To our knowledge, no other non-invasive method 

exists for measurement of fluence rate. 

The main anticipated application of our method is PDT-related research, e.g. to study the 

relation between light dose and therapeutic response. The method enables visualization of 

light penetration, which can be spatially compared to histologically determined tissue 

damage. However, the method might also be useful for general biomedical optics research, 

e.g. for experimental validation of models of light transport. Furthermore, it may be possible 

to estimate tissue optical properties from the fluence rate data, by fitting light transport 

models. 

One drawback of the technique is that it requires knowledge of the absorption coefficient. The 

estimated fluence rate is inversely proportional to the absorption coefficient, so a relative 

error directly translates into a similar relative error in fluence rate. For example, the 

estimation that μa = 1 cm-1 for the in vivo experiments may have been too high, which could 

explain the underestimation of fluence rate compared to the probe measurements in Figure 6. 

On the other hand, MRI provides excellent soft-tissue contrast, and therefore offers the 

possibility to identify different tissue types. We suggest that anatomical MRI images, 

combined with a library of absorption coefficients for different types of tissues, can be used to 

create reasonably accurate maps of μa, which can be used as input for our method. 

Furthermore, it might be possible to extract the absorption coefficient from the heat source 

distribution. In the simple case of a broad uniform irradiation of a non-scattering material 

with homogeneous absorption coefficient, μa can be estimated from the effective light 

penetration depth. For tissues with non-homogeneous μa, a more sophisticated approach 

would be required. For example, one could think of an inverse Monte Carlo simulation, in 

which the spatial distribution of the absorption coefficient is searched iteratively. Once again, 

MRI information can be used to obtain anatomical information and classify tissue types, 

reducing the number of unknown absorption coefficients to the number of different tissue 

types, instead of the number of pixels. 



In some of the in vivo experiments, conspicuous temperature drifts were observed towards 

the end of the measurement. Instead of returning to the initial tissue temperature, some 

regions showed negative temperature changes or temperature increases after initially cooling 

down when the laser was turned off. These apparent temperature effects may be artifacts, 

possibly related to hyperthermia-induced tissue changes. Tissue temperature increases can 

lead to changes in perfusion, hemorrhages, and tissue swelling [17] and lead to bias in the MR 

thermometry results. This probably did not significantly affect our fluence rate results, since 

the heating period was short. However, fluence rate results of experiments with longer 

heating periods should be interpreted with care. 

In the heat diffusion model that was used in this study, blood perfusion effects were 

neglected. It is known that blood vessels can act as heat sinks [10]. The tumor model that we 

used is well perfused, but contains only capillaries, much smaller than the MRI resolution. 

Therefore, we expect that the cooling effect of heat convection through blood flow was 

insignificant in our experiments. However, the importance of perfusion on the fluence rate 

calculation should be investigated in future work. Excellent MRI methods exist for 

quantification of blood perfusion [18], which might be useful to correct for the cooling effect 

of blood circulation. 

Calculation of the Laplacian is the most challenging part of the method, especially for low SNR 

temperature data and at the edges of the phantom or tissue. For example, the accuracy along 

the radial profile just below the surface (z = 1 mm) of the scattering phantom (Figure 4e) was 

relatively low. The obtained estimates for the Laplacian depend on the neighborhood size 

used for the polynomial fit. We observed that a smaller neighborhood radius leads to better 

accuracy at the edges, at the price of higher overall variance in fluence rate results. 

Furthermore, better estimates for the Laplacian may be found using true 3D data with full 

isotropic resolution. A 2D multi-slice MR technique was used in the current study. The spatial 

resolution in the z-direction was therefore lower than in the other directions. Although 3D 

MRI acquisitions with good resolution in all dimensions are possible, standard MRI 

techniques would result in unacceptably long scan times. Acceleration techniques for MRI are 

available to obtain high-resolution 3D temperature data, without compromise with regard to 

temporal resolution [19]. 

 
A non-invasive method for quantitative mapping of fluence rate in biological tissues was 

demonstrated, based on MR thermometry. The feasibility of the method was established in 

simulations and phantom experiments. In the experiments, the resulting fluence rates 

matched excellently with theoretically predicted values, and the spatial profiles also 

corresponded well with invasive probe validation measurements. Finally, the method was 

tested in a mouse tumor model, showing its in vivo potential. The method can be useful for 

assessing the dose-response relation in photodynamic therapy studies, but may also be 

applicable for fundamental biomedical optics research. 
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MRI can play many useful roles in relation to PDT research and clinical PDT (Chapter 1). Yet, 

MRI and PDT have a limited joint history. The goal of this thesis was to investigate the utility 

of MRI for the evaluation and optimization of PDT. To that aim, I have performed 5 

experimental studies, each discussed in a separate chapter. In the first 3 studies (Chapters 2 

to 4), evaluation techniques were tested for their potential to assess PDT efficacy. The fourth 

chapter dealt with efficacy of a targeted form of PDT using nanobody-photosensitizers 

conjugates. In Chapter 5, a new method was introduced for quantitative mapping of fluence 

rate in light-irradiated biological tissue, using MR thermometry measurements of light-

induced temperature increases.  

In this concluding chapter, I will first describe some future perspectives for PDT, and 

recapitulate how MRI and other imaging modalities may assist in the development of PDT. 

The contributions of this thesis in this context are summarized. Finally, I will discuss some 

ideas on how these methods could be clinically applied. 

 
Although PDT has been around for decades, it is relatively unknown and is still often 

described as “emerging”. The only clinical applications for which PDT is routinely used are 

skin cancers and age-related wet macular degeneration. Yet, PDT has shown to be of 

significant value for other diseases in experimental settings and there are many clinical trials 

showing that PDT is very effective in the treatment of various types of cancer. It is therefore 

rather disappointing that PDT has not gained wide acceptance yet. However, several good 

explanations can be found for this [1]. 

First of all, there is a lack of well-designed clinical trials. Although many excellent 

experimental clinical results and anecdotal evidence for the utility of PDT exist, there have 

only been a few randomized controlled trials (RCT). Multicenter RCTs are eventually required 

for the clinical approval of photosensitizers and PDT procedures for each specific application. 

In this respect, PDT and other emerging therapies must compete somewhat unfairly with 

existing therapies. The three mainstream treatment modalities (surgery, radiotherapy and 

chemotherapy) date back from the time before evidence-based medicine was widely applied, 

and were therefore were adopted without having to go through randomized clinical trials [2]. 

The introduction of PDT to the clinic took place much later, in the nineties. The costs of RCTs 

are huge and pharmaceutical companies are often not convinced of the economic benefit, 

especially for niche PDT applications. Besides, licensing of a PDT protocol is a complicated 

and bureaucratic process. Regulatory authorities normally license either drugs or devices, 

while PDT requires the approval of the procedure as a whole, including a photosensitizer (a 

drug) and a light delivery system (a device). Furthermore, there seems to be little knowledge 

about PDT in hospitals. Also, the treatment is not reimbursed in most countries. As a result, 

PDT is not well-known among the general public, which further prevents it from becoming a 

popular treatment option. 

However, a few companies have put a lot of effort in setting up clinical translation programs 

with well-designed clinical trials, which has led to commercial success and acceptance of PDT 



as a viable treatment modality for specific diseases. Interestingly, one of the success stories of 

PDT was for a non-cancer application, with the photosensitizer Visudyne® (Novartis, Basel, 

Switzerland) for treatment of age-related macular degeneration [3,4]. Recently, a 

collaboration between scientists, clinicians, and industry has led to the development of the 

photosensitizer Tookad® (Steba Biotech, Luxemburg) for prostate cancer treatment, which 

was successfully tested in phase III clinical studies in Latin America and Europe [5]. These 

examples show that, when clinical trials are developed thoroughly and with good 

coordination between industry and the clinic, it is well feasible to translate PDT to the clinic. 

Hopefully, these successes will stimulate the recognition of PDT in other disease areas as well. 

Outside the western world, there is great potential for PDT to be adopted, since hospitals in 

developing countries often do not have the facilities and infrastructure to perform advanced 

treatments, such as radiotherapy. Considering the low cost of most photosensitizers and light 

delivery systems, PDT can be a promising treatment modality in these areas. Initiatives in 

Latin America are set up to spread knowledge about PDT and to start collaboration networks 

[6]. Additionally, the lung cancer epidemic in China could be a major driver for the acceptance 

of PDT, since a cost-effective approach is required to treat the large number of patients. 

The cost of PDT is generally lower or at least not significantly higher than conventional 

cancer treatments. For example, PDT with the photosensitizer Foscan® for patients with 

advanced head and neck cancer was more effective in terms of increased life expectancy as 

well as costs per life year saved, compared to palliative chemotherapy and surgery [7]. For 

patients with Barrett’s esophagus and high-grade dysplasia, PDT resulted in 2.17 additional 

quality-adjusted life years (QALY) compared to surgical esophagectomy [8]. The cost of PDT 

was $20.400 compared to $13.300 for esophagectomy, but the incremental cost-effectiveness 

ratio of $3.300 per QALY can easily be considered acceptable.  

Apart from aspects with regard to regulations, acceptance, and cost, the fact that some 

intrinsic features of conventional PDT limit its efficacy also hinders the widespread 

acceptance of PDT. Many research groups are working on solutions to these technical issues, 

which will likely contribute to the further emergence of clinical PDT. First of all, the 

penetration depth of light at the absorption wavelength of clinically approved 

photosensitizers is only a few mm. Novel photosensitizers, such as Tookad, absorb at higher 

wavelengths (> 700 nm) to which the tissue is more translucent. At the same time, 

photosensitizers with better tumor-localizing properties and rapid clearance from the blood 

and normal tissues are sought. Most conventional photosensitizers show no or only weak 

selectivity towards tumor tissue. Active photosensitizer delivery approaches include the use 

of molecular-targeted nanocarriers and photosensitizer-conjugated antibodies or antibody 

fragments aimed at tumor-associated antigens. The latter approach is termed 

“photoimmunotherapy”, of which the nanobody-photosensitizer conjugate in Chapter 5 was 

an example. Besides improving tumor uptake, the ideal photosensitizer possesses rapid 

clearance from the body, to prevent long-lasting skin photosensitivity and to enable shorter 

drug-light intervals and consequently shorter hospitalization times. Another active area of 

research is the dosimetry of PDT, which is a complex topic because the PDT “damage dose” 

depends on many different parameters, including the tissue photosensitizer concentration, 



light dose, and tissue oxygenation. Finally, there is a large body of research devoted to 

rendering PDT more effective in hypoxic tissues, or to develop strategies to avoid oxygen 

depletion during light treatment. 

MRI and imaging in general could aid in the development of new treatment protocols in pre-

clinical research, improvement of the clinical workflow and guidance of personalized 

treatment. The potential roles of MR imaging in relation to PDT have been described in the 

introductory chapter of this thesis. Briefly, they can be categorized as treatment planning, 

dosimetry and online monitoring, and assessment of treatment outcome. With regard to 

treatment planning, MRI is useful to define the treatment target geometry, and to predict 

whether tumor tissue is susceptible to PDT, e.g. by measuring the degree of blood perfusion 

to indicate the ability to take up the photosensitizer. Concerning the online monitoring and 

dosimetry of PDT, MRI can be meaningful in the detection of tissue changes during PDT (for 

example in oxygenation or metabolic state). This may be employed for real-time treatment 

guidance or to gain fundamental insight in the dose-response relationship. The complex 

dosimetry of PDT complicates the optimization of treatments protocols in preclinical 

research. Here, (MR) imaging can be of significant value, for example for rapid assessment of 

treatment outcome after PDT, rather than using changes in tumor volume as readout for 

efficacy. 

 
In this thesis, several MRI strategies were investigated for assessing PDT efficacy within a few 

hours to several days after treatment of mouse tumors. Moreover, one of these strategies, viz. 

DCE-MRI, was employed to study the application of nanobody-photosensitizer conjugates for 

PDT. Finally, a novel technique was developed to measure light fluence rate in tissue during 

laser-irradiation, through absorption-induced heating measured by MR thermometry. 

In the thesis, three chapters were devoted to the early evaluation of PDT. The response of 

endogenous contrast parameters, as well as DCE-MRI was characterized up to 3 days after 

PDT in Chapter 2. Chapter 3 focused specifically on the measurement of the tumor micro-

vascular state after PDT using DCE-MRI, and described the correlation and the spatial 

correspondence between histology-derived tissue viability and DCE-MRI measurements of 

blood perfusion. In Chapter 4, the use of 31P MRSI to detect heterogeneities in changes in 

tumor tissue metabolic status post PDT was considered. Of these techniques, DCE-MRI turned 

out to be the most sensitive to tissue changes after PDT, within 2 h post treatment. In the case 

of the photosensitizer Bremachlorin, the strong vascular response was not surprising, since it 

is known to stay in the blood for hours. However, a comparable vascular shutdown was 

observed for the nanobody-photosensitizer conjugate used in Chapter 5, even though this 

agent was expected to predominantly result in cellular damage. This suggests a universal 

applicability of DCE-MRI as an evaluation tool for PDT. 

Although endogenous proton contrast MR parameters showed a more delayed response than 

DCE-MRI, they may still be useful biomarkers for PDT efficacy. In the study of Chapter 2, a 

significant T1 and T2 response was only observed after 3 days, when the tumors were already 



visually shrunken and necrotic. The average tumor ADC did show an increase at 24 h post 

PDT, but it was difficult to extract a consistent pattern from individual ADC maps. 

Nevertheless, for some treatment protocols and tumor types, ADC, T2, or T1 may be suitable 

biomarkers for treatment outcome. The use of endogenous contrast remains attractive due to 

its true non-invasive nature. 

31P MR spectroscopy showed the fastest response to PDT of all the investigated evaluation 

methods. Unfortunately, its low sensitivity requires a lot of signal averaging resulting in very 

long scan times and this prevents acquisition of high resolutions images. The key feature of 
31P MR is that it gives very direct biological information, as opposed to for example standard 

endogenous proton MR contrast, which only provides indirect information about tissue 

structure and water content through changes in the magnetic properties of water protons. 

Therefore, 31P MR can still be of added value in fundamental PDT research or treatment 

optimization, for example in combination with DCE-MRI to assess the relative contributions 

of vascular and cellular damage. 

Chapter 5 contains an assessment of a new PDT approach based on a nanobody-conjugated 

photosensitizer. This study illustrated how DCE-MRI can be employed to study a new PDT 

strategy in a preclinical setting. The specific nanobody targets EGFR, resulting in an increased 

affinity towards epithelial tumor tissues overexpressing EGFR. Here, the utility of DCE-MRI 

for the evaluation of PDT in preclinical studies was confirmed, since it allowed visualization 

of the tumor-selectivity and overall treatment effectiveness in a different tumor model and 

for a different PDT protocol than the ones used in Chapter 3. It was further demonstrated that 

the nanobody conjugate was a potent PDT agent, able to effectively induce damage in tumor 

tissue, without affecting the surrounding muscle tissue. This clearly contrasted with the 

response to PDT with Bremachlorin, which induced significant loss of contrast-enhancement 

in the muscle as well. Additionally, the short drug-light interval and the relatively high 

absorption wavelength of the photosensitizer (690 nm) make the nanobody conjugate a 

promising PDT agent. Further investigation of this and similar photoimmunotherapy 

approaches is strongly recommended. 

Finally, the fluence rate estimation technique presented in Chapter 6 is the first method that 

allows non-invasive 2D or 3D quantification of the light energy distribution in tissue. Before 

the introduction of this method, the only way to measure fluence rate was using invasive 

fiber-optic probes. This method provides new opportunities for gaining fundamental insights 

in the dose-response relationship between light and the biological damage in response to 

PDT. Outside the domain of PDT, our method may have an impact on the field of biomedical 

optics at large, where fluence rate is an important parameter. For the first time, interrogation 

of fluence rate in tissues and other translucent materials becomes possible, which may be 

used for the validation of models of light transport in tissues, or possibly for non-invasive 

assessment of tissue optical properties. 



 
The multi-parametric MRI protocol in Chapter 2 included quantitative measurements of T1, 

T2, ADC and contrast-enhanced MRI. Clinical translation of this protocol should be 

straightforward, because quantitative mapping techniques are available on most clinical 

scanners. Together, the duration of the full-tumor multi-slice scan protocol for the 

endogenous parameters was only 24 min, which is reasonable but could still be reduced for 

clinical purpose. While the protocol was designed to be highly robust and accurate, its 

duration could be shortened by applying faster principles of measurement, for example by 

using a multi-echo spin echo T2-mapping sequence instead of repeated MLEV-prepared 

acquisitions with varying echo time. Acceleration approaches such as parallel imaging and 

compressed sensing [9] could be employed to further decrease acquisition times. 

Alternatively, novel techniques such as MR fingerprinting allow the acquisition of several 

contrast parameters simultaneously [10]. 

DCE-MRI is routinely used for tumor diagnosis and treatment evaluation in the clinic. 

Therefore, the DCE-MRI techniques employed in Chapter 3 can be readily translated to 

clinical studies to investigate whether they can also be used to detect PDT treatment success 

in human tumors. The contrast agent that was used in our study (Dotarem) is approved for 

clinical use. The only contra-indications for DCE-MRI are allergy to gadolinium and increased 

risk of nephrogenic systemic fibrosis, of which the first is rare and the latter only applies to 

patients with severely impaired kidney function [11].  

The third and most exotic option for evaluation of PDT investigated in this thesis was 31P-

MRSI. The option to detect phosphorus nuclei is not a standard feature on clinical scanners, 

but most vendors do offer the hardware for phosphorus MR, together with pulse sequences 

for spectroscopy and chemical shift imaging (CSI). For example, 31P MR CSI has been applied 

in clinical research to assess chemotherapy treatment outcome by measuring metabolic 

changes in brain, breast and liver tumors [12]. In our study, the duration of the CSI scan was 

40 min, which is likely too long for use in a clinical workflow. With optimized hardware, the 

signal-to-noise ratio (SNR) may be improved, which may be used to reduce the scan duration. 

Additionally, tumors in human patients may be larger than the ones in our mouse models, 

resulting in a higher SNR as well. Due to the inherent signal sparsity in 31P spectroscopic 

images, it may lends itself for compressed sensing, which could result in significant 

accelerations [13]. However, we anticipate this technique to be mostly suitable for research, 

rather than for clinical purposes. For example, it could be used in conjunction with DCE-MRI 

to investigate the relative timing and contribution of vascular shutdown and direct cell 

damage to tumor destruction. 

The novel nanobody-photosensensitizer conjugate for EGFR-targeted PDT used in Chapter 5 

holds great promise for use in a clinical PDT protocol. EGFR is a commonly used target in 

cancer therapy, and a phase I clinical trial with the same photosensitizer (IRDye700DX) 

conjugated to the EGFR-targeted antibody cetuximab is currently in progress (NCT02422979, 

www.clinicaltrials.gov). With their small size, antibody fragments such as nanobodies have 

the advantage of easier penetration into tumor tissue and shorter blood circulation times. In 



fact, the nanobody approach makes the PDT treatment more efficient compared to antibody 

treatment, since the drug-light interval is greatly reduced from approximately 24 hrs to 1 or 2 

hrs,  allowing shorter hospitalization times. Further optimization and preclinical validation of 

this or similar nanobody-platforms for PDT is recommended.  

The method introduced in Chapter 6 to estimate light fluence rate in tumor tissue was mostly 

intended to be used for preclinical research. In principle it should be possible to perform in 

vivo MR-thermometry-based fluence rate measurements in human tissue without risks, but 

the dynamic range of the measurements would be limited, because the method requires that 

the tissue is heated at least a few degrees by absorption of laser light, while temperature rises 

above 43 °C in biological tissue can lead to irreversible damage. Additionally, the practicality 

of the method in a clinical PDT setting is questionable. Namely, if the goal is to measure 

fluence rate for optimization of the light treatment plan, it seems logical to do this just before 

the actual treatment takes place. However, at this point the photosensitizer is usually already 

injected, so the application of light during fluence rate measurement would already induce a 

treatment effect. Nevertheless, the method can be of great value in preclinical PDT research, 

and possibly in the broader field of biomedical optics as well.  

One potential obstacle with MRI of PDT is that the treatment is mainly used for superficial 

cancers, which can pose difficulties for MR imaging, due to the magnetic susceptibility 

mismatch at air-tissue interfaces.  Moreover, imaging of esophagus or head and neck area can 

be further complicated by motion, due to breathing and swallowing. Despite these challenges, 

imaging of both the head and neck region and the esophagus is well feasible [14], with the 

appropriate sequences. However, MR imaging of the lung, an important application of PDT, is 

very difficult due to the presence of air within the organ. The most suitable cancers for 

imaging with MRI are deep-seated tumors surrounded by bulk organ tissue, such as the 

prostate or brain. 

Because PDT efficacy is dependent on the microenvironment of the tumor and depends on a 

large number of biological parameters, the use of in vivo studies in PDT research is 

unavoidable [15]. All studies were performed using subcutaneous mouse tumor models. The 

human tongue carcinoma model OSC-19 was used in Chapter 5 because it was known to 

display a high level of EGFR expression, which was necessary to demonstrate the EGFR-

targeting properties of the nanobody-photosensitizer conjugate. The application of a human 

tumor cell line required the use of immunodeficient animals. In all the other chapters, the 

murine colon carcinoma model CT26 was used, which is known to be well perfused and 

largely devoid of spontaneous necrosis below a certain tumor size. This allowed the use of 

immunocompetent mice, which is relevant because of the involvement of the immune system 

in the biological response to PDT. Obviously, the use of subcutaneous mouse tumor models 

has limitations. Orthotopic tumors, i.e. those that are grown in the organ of origin, are more 

clinically relevant, because it is known that the tumor implant site influences the tumor 

microenvironment, which is important for the PDT outcome. For example, vascularization 

and consequently photosensitizer uptake and oxygenation can vary depending on the tumor 

location. Nevertheless, subcutaneous models were used in this thesis as a generic model for 

solid tumors, since we did not specifically focus on a certain tumor type. The tumors 



exhibited predictable growth, and their ease of accessibility facilitated growth monitoring 

and the delivery of light. The tumors were implanted on the hind limb which simplified the 

MRI acquisitions, because cardiac and respiratory motion hardly affected the tumor. In 

general, although the mouse tumor models may be a simplified representation of clinical 

cancers, our results provide fundamental insights into the response of tumors to PDT, as 

observed with MRI. 

 
One promising application of MRI for PDT that was not treated in this thesis is the 

measurement of changes in the effective transverse relaxation rate (R2* = 1/T2*) during and 

shortly after PDT. This concept was introduced by Gross et al. in 2003, but was not further 

pursued so far, despite their promising results [16]. They showed that PDT treatment led to 

attenuation of the MR signal in tumors already during irradiation, due to an increase in R2*. 

This R2* increase was attributed to a combination of photochemical depletion of blood 

oxygenation and hemodynamic effects (reduction of blood flow and volume due to 

vasoconstriction). The first results in a relative increase of deoxyhemoglobin, while the latter 

prevents reoxygenation. In contrast to oxyhemoglobin, deoxyhemoglobin is a paramagnetic 

agent, producing small magnetic field inhomogeneities in and around blood vessels, that lead 

to faster R2* rates due to a loss of spin phase coherence. 

Although we did not extensively investigate the changes in R2* contrast during PDT in this 

thesis, a pilot experiment was performed during the study on EGFR-targeted PDT using 

nanobody-photosensitizer conjugates (Chapter 5). The animals in this study received a 

tumor-targeted photosensitizer and their tumors were consecutively irradiated with light 

inside the bore of a 7 T MRI scanner. During the light treatment, R2* maps were acquired (not 

described in Chapter 5), to assess if the findings of Gross et al. could be reproduced for our 

tumor model and PDT protocol. 

PDT-treated animals (n = 4) received an injection of nanobody-conjugated photosensitizer 

7D12-PS, while a saline injection was given to control animals (n = 4). Light treatment was 

given to both animal groups. For further details about the PDT treatment, we refer to Chapter 

5. A baseline R2* map was first acquired before starting the light treatment. Subsequently, 5 

maps were obtained during the 33 min of tumor irradiation, followed by 6 additional maps 

after the treatment. Changes in R2* were calculated by subtracting the baseline map from all 

the other maps, resulting in a ΔR2* map for each time point. 

Figure 1 shows representative examples of ΔR2* maps of a control tumor (a, c and e) and a 

tumor treated with PDT using the 7D12-PS nanobody-conjugate (b, d, and f). The ΔR2* map of 

the treated animal clearly showed both positive and negative changes in different parts of the 

tumor. These changes were noticeable already at the end of PDT (Figure 1d), but continued to 

increase for at least 40 min after the light treatment (Figure 1f). In contrast, the control tumor 

displayed only very slight changes, possibly due to motion or drift in the magnetic field. 



Because most treated tumors showed increases as well as decreases in different tumor 

regions, the average ΔR2* did not change significantly. However, PDT led to an increased 

variance in the ΔR2* values, as illustrated by the wider distribution compared to that of 

control tumors (Figure 1g). Moreover, the tumor average of the absolute change |ΔR2*| clearly 

displayed an increase, whereas it remained approximately stable for control animals (Figure 

1h). 

These data show that PDT has a very rapid effect on R2* of tumors. However, the effects 

shown here are not as prompt as those reported by Gross et al., who described significant 

increases in the average tumor R2* within 2 minutes after the onset of tumor irradiation. This 

discrepancy may be explained by the fact that they used a specifically vascular-targeted PDT 

protocol, whereas our protocol in principle did not target the vasculature directly. Moreover, 

Gross et al. seemed to observe only signal decreases in the tumor, rather than the 

heterogeneous response in our study with both increases and decreases. The interpretation 

of R2* measurements is not straightforward due to this bidirectional response of tumor R2* to 

PDT, and due to the mixed dependency on oxygen saturation and blood flow or volume. 

Additionally, it must be noted that the signal intensities for varying TE did not fit well to a 

mono-exponential decay function, possibly due effects of water diffusion. Nevertheless, R2* 

mapping of the tumor response to PDT definitely deserves further investigation, since it likely 

gives information about the functional state of the vasculature. The method relies on 

endogenous contrast and can provide time-resolved information, as opposed to DCE-MRI. 

This may provide valuable insights into the mechanisms of PDT, and could be useful for real-

time guidance of treatment. 



 



 
In summary, in this thesis I presented my investigations in the use of several MRI techniques 

for the evaluation of photodynamic therapy (PDT) to treat cancer. The research 

demonstrated the remarkable versatility of MRI, and showed that MRI is useful in a pre-

clinical setting to improve PDT. Moreover, the here presented MRI protocols can readily be 

translated to a clinical setting where they could contribute to the efficiency and clinical 

workflow around PDT. 
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This PhD thesis describes a series of studies on the pre-clinical development and application 

of magnetic resonance imaging (MRI) techniques for evaluation and optimization of 

photodynamic therapy (PDT). PDT is an emerging cancer treatment, based on a light-

activated drug, called the “photosensitizer”. The photosensitizer is typically administered 

intravenously hours to days before treatment to facilitate uptake of the photosensitizer in the 

tumor with an optimal tumor to background ratio. The treatment phase consists of light 

irradiation of the tumor, leading to generation of oxygen radicals by the photosensitizer. 

These highly reactive oxygen radicals induce damage to proteins, cell membranes, and other 

vital targets. The cancer treatment effect either occurs through direct tumor cell death or 

through vascular shutdown, depending on the accumulation characteristics of the 

photosensitizer in the tumor microenvironment. 

Clinically, PDT is successfully applied for treatment of skin cancer. Despite its promise as a 

potent localized cancer therapy, it is rarely applied to treat other types of cancer. The primary 

reason is that most of the currently available photosensitizers have unfavorable tumor 

uptake characteristics with low tumor to background ratio. Therefore, it is difficult to treat 

complex tumors (e.g. near vital organs), without significant side effects and collateral damage. 

Several promising photosensitizers are in development to overcome these problems. 

However, optimization of the treatment protocol is complicated, because the ‘PDT dose’ 

depends on a complicated set of parameters. The MRI methods for evaluation of PDT 

introduced in this thesis provide a platform for rapid pre-clinical evaluation of treatment 

regimes and therapy effects. The methods allow visualization of different types of treatment 

effects in a longitudinal and non-invasive way. Ultimately, the proposed MR techniques could 

be clinically useful, to provide clinicians and patients with timely information of treatment 

efficacy. 

In the first study, the response of solid tumors to PDT was evaluated with a multi-parametric 

MRI protocol. Different endogenous contrast parameters of the tumor tissue were quantified 

during the first 3 days after PDT. Although histological analysis showed that PDT induced cell 

death within 24 h, it turned out that most parameters only changed significantly after 3 days, 

making them less suitable as early biomarkers for treatment effectiveness. Besides 

endogenous tissue parameter measurements, contrast-enhanced scans were also performed, 

giving information about the status of the vasculature. We found drastic effects of PDT as 

early as 2 hours after treatment, and near complete vascular shutdown of the tumor at 1 day 

after treatment. This suggests that contrast-enhanced MRI could be useful to determine the 

effectiveness of PDT and possibly to predict treatment outcome in the long term. 

Following up on the results of this first study, we investigated if the vascular effects of PDT 

are correlated to the viability of tumor tissue after PDT. We registered and compared 

histological sections of treated tumors with Dynamic Contrast Enhanced (DCE) MR images, to 

investigate whether there was a spatial match between contrast agent uptake parameters and 



tissue status. A strong correlation and colocalization was observed between tissue viability at 

24 h after treatment and the DCE-MRI-derived tracer kinetic parameter Ktrans, acquired right 

after or at 24 h after PDT. Based on these findings, 3D detection maps of post-treatment 

tumor viability were constructed, by applying a threshold to Ktrans at 24 h after PDT. 

Comparison of these maps to tumor development at 1 week after PDT in 3 mice suggested 

that these DCE-MRI-based detection maps can be used to predict tumor recurrence. 

While the abovementioned study focused mainly on the vascular effects of PDT, we also 

developed a method to measure direct cellular damage induced by PDT. Instead of using 

conventional proton MRI, 31P MR was used to detect phosphorus containing metabolites, such 

as adenosine triphosphate (ATP). This allows assessment of the tissue energy status. It has 

already been shown in the early 90s that decreases in energy status of tumor tissue can be 

detected with 31P MR within minutes after, or even during PDT. However, these results were 

obtained in whole tumor measurements. In this study, a 31P MR imaging approach was used 

for the first time, allowing detection of within-tumor heterogeneity in response to PDT. 

In the fourth study, DCE-MRI was used to evaluate the effectiveness and tumor-specificity of a 

new photosensitizer nanoparticle, which is a conjugate of an existing photosensitizer to a 

nanobody (the smallest functional unit of an antibody). The nanobody binds specifically to 

epidermal growth factor receptors (EGFR), which are overexpressed in many human cancer 

types. When these new conjugates are administered systemically, they accumulate in tumor 

tissue with high specificity, which should lead to an improved targeted treatment with fewer 

side effects. DCE-MRI was used to visualize vascular shutdown in the tumor after PDT, as a 

biomarker for treatment efficacy. Near-complete vascular occlusion was observed in treated 

tumors, without collateral damage to muscle tissue, demonstrating the potential of this new 

targeted PDT approach. 

The final study introduced a novel MRI-based method with which light intensity in biological 

tissue can be quantified, based on measurements of light absorption-induced temperature 

elevations. The method was tested with simulations, in phantoms, and in vivo in tumor-

bearing mice. This novel non-invasive approach will be very useful to investigate the relation 

between light dose and the biological response to PDT in future research. 

In summary, MRI techniques were investigated to evaluate the response of solid tumors to 

PDT, and a technique was developed for quantification of light intensity in tissue. These 

methods can be used to learn about the underlying mechanisms of PDT, and to optimize new 

PDT protocols. The utility of DCE-MRI as an evaluation tool was illustrated in practice, in a 

study on the efficacy of a promising approach towards tumor-selective PDT using a novel 

EGFR-targeted photosensitizer conjugate. Most of the presented methods can be translated 

into the clinic, to give early information about the efficacy of the therapy, in order to make 

better and faster treatment decisions. 
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Het uitvoeren van een promotieproject is vaak een zelfstandige en solistische bezigheid. Toch 

was het er absoluut nooit van gekomen zonder de steun van een grote groep mensen. 

Sommigen door concrete hulp of wetenschappelijke samenwerking, maar de meesten door 

een sociale of morele bijdrage of gewoon gezelligheid. Eén voor één hebben jullie de 

afgelopen jaren de moeite waard heeft gemaakt en er voor gezorgd dat ik met een brede 

glimlach kan terugkijken. 

Klaas, ik ben trots dat ik je mijn promotor mag noemen en vind het enorm jammer dat je niet 

meer op mijn verdediging aanwezig kunt zijn. Je warme en vriendelijke karakter zorgde voor 

een positieve en motiverende sfeer binnen jouw Biomedical NMR vakgroep. Voor mij was dit 

een belangrijke reden om zowel mijn afstudeerproject als mijn promotie hier te vervullen. 

Vertrouwen en samenwerking stonden hoog bij jou in het vaandel. Ik bewonder de manier 

waarop je de groep leidde en ben dankbaar dat ik daar onderdeel van heb mogen uitmaken. 

Ik vind het heel fijn dat je ons tot het laatst toeliet in je leven, wat nog een aantal fijne 

herinneringen heeft opgeleverd. Ik wens Gielie en je familie veel kracht en geluk toe in hun 

levens.  

Gustav en Jeanine, ik ben heel blij dat jullie het stokje van Klaas over konden nemen. Jullie 

stonden allebei continu voor me klaar en ik ben trots op het bereikte eindresultaat. Het is 

jammer dat we uiteindelijk op afstand van elkaar hebben moeten werken, want ik vond het 

ook heel gezellig om met jullie samen te werken. Gustav, het was altijd leuk om over onze 

gezamenlijke muziekinteresse te babbelen en ik vind het ongelooflijk hoe snel jij je het 

gitaarspel hebt meester gemaakt, keep rocking! Ik wens je veel succes met het opbouwen van 

je eigen vakgroep in Amsterdam. Jeanine, jij droeg veel bij aan de sfeer op de HTC. Ik wens je 

heel veel woonplezier in het nieuwe huis en succes op je nieuwe werkplek! 

Holger, ik wil ook jou bedanken voor je bijdrage aan dit proefschrift. Je stelde soms kritische 

vragen, maar uiteindelijk heeft me dat vaak geholpen om het project in de juiste richting te 

duwen. Ik wens je veel succes met je nieuwe groep in Köln. 

Sabrina, I am very happy that we met (not in the least environment in Rio de Janeiro), 

because it was a true pleasure to collaborate with you. I really hope and believe that you will 

be able to make PDT more successful with your nanobody approach. The best of luck for you 

and your family! 

Ik wil ook graag alle andere commissieleden bedanken, voor het kritisch lezen van mijn 

proefschrift en het deelnemen aan mijn verdediging. Prof. dr. Hanneke van Laarhoven, prof. 

dr. ir. Dick Sterenborg, prof. dr. ir. Luc Brunsveld, en prof. dr. Peter Hilbers: hartelijk dank! 



 

Dominic and Riëtte, it was a pleasure to work with you and I hope our collaboration will lead 

to a joint publication! 

Xu, Dirk and Ton, I am proud of our publication in the Journal of Biomedical Optics and I 

enjoyed our collaboration. 

Als ik met vragen zat kon ik altijd rekenen op mijn collega-promovendi en andere 

groepsgenoten. Los daarvan heb ik ook enorm veel lol met ze gehad, waardoor ik elke dag 

met plezier naar mijn werk kwam. 

Igor, met jou heb ik waarschijnlijk de meeste tijd doorgebracht, zowel als kamergenoot, als bij 

Monk en tijdens het fitnessen. Je bent echt een topkerel die nooit te beroerd is om een vriend 

of collega te helpen. Vooral in het begin van mijn promotie hebben Stefanie en jij me veel 

bijgebracht. We hebben ook veel gelachen en een paar gedenkwaardige uitstapjes gemaakt, 

o.a. naar Milaan, Les Houches, Tübingen, Toronto en New York. Hopelijk kunnen we het 

klimmen in stand houden en wie weet word ik nog ooit net zo goed als jij. 

Stefanie, ook aan jou had ik een gezellige en behulpzame kamergenoot. Ik bewonder de 

souplesse waarmee jij destijds door je promotie bent gefietst (zo leek het althans) en het 

verrast me dan ook niet dat je het nu zo goed doet in New York. Heel tof dat Igor en ik daar bij 

jullie op bezoek mochten komen. Het skiweekje congres in Les Houches was natuurlijk ook 

onvergetelijk. 

Rik, ook al hadden we op wetenschappelijk gebied niet veel met elkaar te maken was jij ook 

altijd een gezellige en sociale kamergenoot. Bij het minste of geringste zonnestraaltje  stelde 

jij een buitenlunch voor, waar ik meestal graag in meeging. Ook met je enthousiaste verhalen 

over de natuur, fietsen, etc. droeg je bij aan de sfeer. 

Valentina, thank you for your nice company in our office. I enjoyed your humor and Italian 

temperament, and it was fun to organize the ISMRM Benelux together with you. I am sure you 

will deliver an excellent thesis within a few months. I am also very curious about your next 

adventure in the US. 

Esther, het was fantastisch om met jou als “lotgenoot” te promoveren en bijna gelijktijdig te 

eindigen. Toen het er halverwege even op leek dat je een andere baan zou vinden kreeg ik het 

dan ook een beetje benauwd, want naast een fijne collega heb ik aan jou een goede vriendin 

en een trouw sportmaatje. We hebben veel gezellige uren samen doorgebracht, gelachen en ik 

bewaar fijne herinneringen aan de reisjes naar Istanbul (alleen jammer van dat paspoort) en 

vooral Singapore. Ook bedankt voor alle lekkere maaltijden voordat we gingen klimmen! Ik 

hoop dat we dat laatste nog lang in stand kunnen houden en bevriend zullen blijven. 

Emmy, in de laatste maanden op de HTC en op de TU/e was jij gelukkig een van de collega’s 

die dagelijks voor gezelligheid zorgde. Heel veel succes in je verdere carrière. 



Jules, al toen we in de masterroom in N-Laag zaten was het altijd gezellig. Ik kan me nog goed 

herinneren dat we bij jou in Cadier en Keer konden crashen na het missen van de laatste trein 

na de ISMRM Benelux. Ik vind het enorm knap hoe jij een gezin combineert met een promotie 

en dan ook nog eens dagelijks een flinke afstand overbrugt. Het is mooi om te zien dat jij het 

elastografie-project voortzet met succesvolle toepassingen in diverse richtingen. Ik wens je 

veel succes in de laatste maanden van je promotie! 

Willeke, jij bracht vaak leven in de brouwerij en was ook altijd in voor een praatje of bereid 

om een luisterend oor te bieden. We zijn niet zo lang kamergenootjes geweest, maar 

desondanks was dat erg gezellig. 

Jo, ook jij was een fijne kamergenoot en ik heb het nooit vervelend gevonden om je ict-

problemen op te lossen want meestal waren ze niet zo complex . Ik vond het heel mooi dat 

we bij jullie in het zuiden zijn gaan fietsen. 

Marloes en Miranda, Bart en Luc, het was erg gezellig en motiverend om na het werk met 

jullie te gaan sporten op de HTC. Bart, jij hebt me destijds zelfs ingewijd in de fitnesswereld. 

De Sportaholics-uitjes verdienen wat mij betreft zeker nog een vervolgeditie. 

David, geweldig hoe jij tot het laatste moment voor ons hebt klaar gestaan. Hoewel we vaak 

gemijmerd hebben over een carrière als straatmuzikant ben ik toch blij dat je een 

‘fatsoenlijke’ baan hebt gevonden . 

Leonie, Carlijn, Caren en Marije, jullie waren als biotechnici altijd enorm behulpzaam en 

flexibel om op gekke tijden bij te springen. Met ieder van jullie was het ook heel prettig 

samenwerken. 

Renske, Robbert en Sophie, ik vond het superleuk om jullie te begeleiden bij jullie afstuderen. 

Hoewel het niet voor jullie alle drie terug te vinden is in het proefschrift, hebben jullie ieder 

een waardevolle bijdrage geleverd aan mijn promotie. Maar bovenal vond ik het gewoon heel 

erg gezellig. Lisanne, Danny, en Marina & Lisanne, ook jullie heb ik met veel plezier begeleid. 

Floortje, gangmaker, organisatorisch meesterbrein en sociaal steunpunt; een secretaresse als 

jij is goud waard. Enerzijds kon je er bij jou van op aan dat de praktische zaken goed geregeld 

waren, maar vooral zwengelde jij menig feestje of sociale activiteit aan, wat sterk bijdroeg aan 

de sfeer en een hecht groepsgevoel. Ook tijdens de laatste maanden van Klaas speelde jij een 

verbindende rol. Door dit alles was je enorm waardevol voor de hele groep. Ik heb veel lol 

met je gehad, o.a. tijdens de Meerkampen, Kerstborrels of gewoon tijdens de lunch. 

Larry, ik kan me haast niet voorstellen dat ik nog ooit in een omgeving kom te werken waar 

de technische faciliteiten zo goed op orde zijn. Dat is geheel aan jou te danken. Als er iets 

defect was dan lagen de reserveonderdelen altijd minimaal in drievoud klaar. Ik hoop dat je 

met veel plezier je verdere loopbaan bij de TU/e zult vervullen. 

Naast bovenstaande collega’s wil ik ook alle andere aio’s, post-docs en overige groepsleden 

bedanken: Ot, Desirée, Katrien, Abdallah, Sharon, Siem, Nils, Leonie, Tessa, Bastiaan, Wolter, 



Sin Yuin, Pedro, Sander, Steffie, Tiemen, Mariska, Thuur, Mark en Raffa, het is een groot 

genoegen dat ik jullie heb leren kennen. 

Beste vrienden, Alain, Gijs, Jan & Anna, Johan & Petra, Joop & Gulay, Mark, Noud, Ruben & 

Maud, Ruud & Desiree. De meesten van jullie ken ik inmiddels al zo’n 18 jaar sinds ut benkske 

in Häör, maar het is nog steeds elke keer een feest om met jullie op pad te gaan voor een 

weekendje in een onbekende stad, een festival te bezoeken of Nieuwjaar te vieren. 

Langzaamaan worden de meesten van ons ook iets volwassener met een huis en/of vaste 

relatie en dat is stiekem ook best mooi om te zien. Ik hoop dat we nog lang samen kunnen 

blijven optrekken. 

Mannen van Station America: Bart, Bert, Joris, Ruud & Tom, met jullie deel ik een hoop 

ongelooflijke en prachtige herinneringen en een mooie vriendschap. Het is altijd weer een 

groot plezier om met jullie iets te ondernemen. Hoewel het maken van onze eerste plaat nogal 

onpraktisch samenviel met het laatste jaar van mijn promotie, ben ik trots op het resultaat en 

ik kijk uit naar alle komende avonturen! 

Mensen van de harmonie, Repke de Peu en Boeane & Perike: Anne, Ellen, Ilona, Jenny, Koos, 

Lies, Lisanne, Nadine, Peter, Rob, Wouter, het is fijn om zulke leuke vrienden dicht bij huis te 

hebben om in het weekend toffe activiteiten mee te ondernemen. Grappig ook dat we 

ondanks de verschillen in leeftijd en op andere vlakken zo goed met elkaar overweg kunnen. 

Lieve pap & mam, jullie hebben me onvoorwaardelijk gesteund in al mijn bezigheden en het is 

altijd heerlijk vertrouwd en gezellig om thuis te zijn. Ik kan me geen fijnere ouders wensen. 

Joris en Lou, het is heel tof om jullie als broers te hebben en het is mooi dat we vaak samen 

onze gemeenschappelijke muzikale hobby kunnen beoefenen. Lisanne, ik ben blij dat de 

familie is uitgebreid met zo’n leuke schoonzus. Ook alle ooms, tantes, neefjes en nichtjes en 

andere familieleden: bedankt voor jullie interesse en betrokkenheid. Daarnaast ben ik ook 

gezegend met een fijne schoonfamilie. Niels en Anne, Bram, Peter en Agnes, bedankt voor alle 

steun, gezelligheid en ook de onuitputtelijke hulp tijdens de verbouwing. 

Liefste Sharon, doe bès al 9 jaor mien steun en toeverlaot en bèste maatje! Ich realiseer mich 

det ut väör dich auch un bepreuving gewaest is en det se mich thoes dök de last van de 

sjouwers höbs genaome zonger det ich dao om hoofdje te vraoge. Tiejes die drökke jaore 

höbbe we gelökkig auch zat fijne momente same gehadj, bijv. in Thailandj en tiejes anger 

vakanties en oetstepkes, of gewuen gezellig thoes op de bank! Ich haoj van dich en weit zeker 

det det nog hieël lang zoea zal blieve! 
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